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Continuous, precision measurements of thermal information related to the human body can provide 
significant insights into important physiological phenomena, such as blood flow changes, stress, 
infection and thermoregulation. However, technologies to-date have either been hindered by a high 
sensitivity to motion artifacts, or have been too bulky and intrusive to be viable for ubiquitous, 
continuous use outside of a clinic. In addition to mechanical bulk, current skin-mounted 
technologies for measurements of skin properties do not provide spatial mapping, which is critical 
to arriving at the most important results. Here we present a class of devices that conform to skin 
in an intimate, non-intrusive way to provide high precision mapping of temperature and thermal 
transport signals on skin and other soft tissues. We demonstrate arrays of ultrathin (total thickness 
<5 µm), flexible, stretchable, skin-conforming devices that map temperatures to a precision (<20 
mK) exceeding that of sophisticated infrared cameras for clinical research. We establish the 
foundational mechanical, electrical and thermal physics and associated design strategies that are 
necessary for high performance device function. We extend these techniques to the spatial 
mapping of thermal transport properties on skin, validated in clinical studies at external facilities 
with comparisons to commercial tools. Additional applications of the physical principles in varied 
designs enable a new form of minimally invasive continuous blood flow mapping, as well as 
designs towards the continuous measurement of core body temperature. Specialized mechanical 
design techniques, which enable reliable transfer printing of devices with arbitrary geometries 
without sacrificing stretchability, enable additional classes of stretchable electronics with features 
down to 1.5 µm. Extensions of the design, fabrication and thermal transport principles enable the 
printing of ultrathin electronic sensor and actuator arrays onto superelastic surgical guidewires 
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The goal of my doctoral research, and the focus of this thesis, is to develop ultrathin, flexible 
and stretchable electronic thermal sensor and actuator arrays that conform intimately to the skin, 
and other tissues, to provide new modes of continuous physiological assessment. The scope of this 
work ranges from the development of advanced microfabrication techniques for flexible, 
stretchable electronics to the clinical application of the resultant devices and fundamental 
understanding of the relationship between device function and the underlying physiology. This 
introduction will define the key challenges in the field, discuss various approaches taken to 
overcome them, and finally review the relationship between thermal transport and the function of 
human tissues. 
1.1      Conventional and Unconventional Electronics 
Electronics research during the last several decades has predominantly focused on the 
development of higher performance, smaller footprint electronics in accordance with Moore’s 
law(1). The highest performance (conventionally Si-based, high electron mobility transistors from 
III-V materials, and theoretical highest mobilities with graphene(2, 3); Fig. 1.1) and smallest 
footprint electronics (42 nm fin pitch in current commercial 14 nm technology node(4)) are 
achieved using rigid semiconductor materials and planar processing techniques. I will refer to these 
types of electronics, using rigid semiconductor materials and planar processing, as ‘conventional 
electronics’. Research into improving conventional electronics dominates the field for good 
reason: these types of electronics have changed our lives more profoundly that any other 
technology in the last five decades. Society has gone from early computers like the IBM 
System/360 (Fig. 1.2) that occupied a small room to provide 8 - 64 KB of memory and 33,000 
additions per second(5) to modern smartphones that can connect us to the world from our pockets. 
For these reasons, research into conventional electronics will, and should, continue to occupy a 
large portion of overall electronics research. However, modern conventional electronics and 
fundamentally ill-suited to meet many significant unmet needs, especially in human health, due to 
their rigidity and planar footprints. The primary goal of my research is to develop technologies 
that begin to address those unmet needs, particularly in human health, via techniques for 
‘unconventional electronics’.  
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I refer to unconventional electronics as those that do not rely on conventional rigid 
semiconductor materials or those that not exist in planar geometries. This definition includes the 
various forms of flexible and stretchable electronics, and I will review the recent and emerging 
strategies here.  
1.2      Emerging Strategies for Flexible and Stretchable Electronics 
Three popular materials choices for flexible electronics are organic electronics, carbon 
nanotubes (CNTs) and flexible forms of inorganic materials. The flexible forms of inorganic 
materials are the most relevant to this work, and as such will receive the most attention. However, 
brief overviews of flexible organic and carbon-based electronics are also provided. 
Flexible Organic and Carbon Nanotube Electronics 
Much of the interest in organic electronics stems from the relative low-cost of processing of 
organic materials (processing costs, not materials costs, generally drive the price of electronics) 
combined with the wide array of potential materials available by manipulation of functions 
groups(6). Commercial organic light emitting diode (OLED) displays now exist(7) from 
manufacturer’s such as Samsung and LG Electronics. Ongoing work in organic thin-film 
transistors (TFTs)(8-10) and photovoltaics(11-13) also exists. Organic electronics exist as either 
small-molecule or polymeric materials. In general, the thermal, mechanical and solubility 
properties of these materials make them amenable to low-cost processing techniques such spin-
casting, thermal evaporation and extrusion(6).  
The limitations of organic electronics, which account for their limited applications to-date, are 
predominantly a result of poor carrier mobility and sometimes environmental stability and/or 
impurity(6). Despite these issues, organic electronics have found recent use in applications for 
flexible electronic sensors (Fig. 1.3)(14, 15), including on skin(16-20). 
CNTs offer some advantages over organic electronics for flexible substrates, most significantly 
in the extraordinarily high potential carrier mobility of carbon-based devices(21). Flexible CNT 
transistors(22-25) have been demonstrated, but a solution to high volume scalability of aligned 
semiconducting CNTs remains elusive. While CNTs show some level of promise as the active 
semiconductor elements in flexible biointegrated devices, many of the current demonstrations 
utilize carbon-based resistive elements, not semiconducting elements, as the basis for sensors. For 
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example, CNTs find biointegrated sensing applications due to their ability to dramatically change 
the overall resistance of a circuit by mechanically separating from each other under deformation, 
which can be used for biointegrated strain sensors(26, 27). 
Flexible and Stretchable Inorganic Electronics 
Stretchability and flexibility in electronic materials are two distinctly different properties that 
must both be addressed for the type of biointegrated electronics that of interest to the work here. 
The general goals of flexibility in biointegrated devices are that 1) the maximum stress developed 
in the device is below the yield stress of any of the materials, 2) the bending stiffness of the device 
does not significantly constrain the natural motions of the tissue the device is adhered to, and 3) 
the device does not delaminate from the tissue. These goals are typically accomplished by a 
combination of very thin (<5 µm) overall device thicknesses, as well placing the most 
mechanically sensitive electronic components as near as possible to the neutral mechanical plane 
of the device. Approximate analytical models for bending deformation at the skin-device interface 
by Wang, et al(28), summarized here, provide a framework for device design. Conformal contact 
is achieved by deformation in both the device and the skin surface (Fig. 1.4) to minimize the total 
energy of the system, Uconformal, where 
 𝑈𝑐𝑜𝑛𝑓𝑜𝑟𝑚𝑎𝑙 = 𝑈𝑑𝑒𝑣𝑖𝑐𝑒 + 𝑈𝑠𝑘𝑖𝑛 + 𝑈𝑎𝑑ℎ𝑒𝑠𝑖𝑜𝑛. (1.1)  






4  (1.2)  
where EIdevice is the bending stiffness of the device and h is the deformation amplitude of the device. 

































⁄  (1.4)  
where i = 1 to N represents each layer for the device. The textured skin surface is modeled as a 
sinusoidal wave, with a wavelength of λrough and a peak-to-peak amplitude of hrough. Uskin is the 






 (1.5)  
where Eskin is the elastic modulus of skin. Uadhesion
 is the adhesion energy of the device to the skin 
 
𝑈𝑎𝑑ℎ𝑒𝑠𝑖𝑜𝑛 = −𝛾 (1 +
𝜋2ℎ2
4𝜆𝑟𝑜𝑢𝑔ℎ
2 ) (1.6)  
where γ is the work of adhesion of the device. Conformal contact is maintained when the conformal 
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As an example, a typical epidermal electronic system will have properties of EIdevice = 4.3x10
-9 N-
m calculated from (1.3) and γ = 0.2 N/m. The device is calculated to maintain conformal contact 
for hrough < 35 µm, for λrough = 140 µm and Eskin = 130 kPa, all of which are reasonable values for 
typical measurements on the forearm or palm. 
While the required flexibility in many applications can be achieved via a combination of thin 
materials and neutral mechanical plane designs on relatively high modulus (1 – 5 GPa) plastic 
substrates, stretchability at a level comparable to living biological tissues provides additional 
challenges. Typical materials used as parts of electronics, both the electronics components 
themselves and the packaging, have Young’s moduli on the order of 1 – 500 GPa (e.g. polyimide, 
silicon, tungsten), while biological tissues have moduli on the order of 10 kPa (full skin) – 100 
MPa (stratum corneum)(29-34). Additionally, biological tissues such as skin have a linear elastic 
response to ~15% strain(35, 36), while typical inorganic electronic materials have a linear response 
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to <1% strain(37, 38). The key to successful biointegration is an overall device design that 
incorporates relatively small local regions of high modulus, strain resistant materials, with large 
area low modulus, strain absorbing polymers. Two general strategies exist for providing 
stretchability: pre-strain induced buckling(39), and filamentary serpentine geometries(40) that 
accommodate large global strains while minimizing the maximum strain induced in the electronic 
materials. The detailed mechanical analyses of these approaches, particularly those that employ 
filamentary serpentines, are a significant subject of recent research(28, 41-47) and often result in 
complex, geometry-dependent relations that are typically limited to finite element analysis (FEA) 
solutions or approximate analytical scaling laws which are beyond the scope of this discussion. 
Transfer Printing of Inorganic Electronics 
A critical requirement for the fabrication of flexible, stretchable inorganic electronics is a 
robust process for the integration of the inorganic components with soft, stretchable substrates. 
One method that has proven to be effective, and is used in various forms in the fabrication of all 
devices in this work, is transfer printing. More generally, transfer printing is a valuable process for 
integrating microscale components in a deterministic way on non-native substrates. One useful 
transfer printing method involves the kinetic control of adhesion between the inorganic component 
and an elastomeric stamp (Fig. 1.5)(48, 49). The viscoelastic properties of elastomeric stamps 
result in a kinetically (i.e. the peel/removal rate of the stamp) controllable adhesion between the 
stamp and device to be transferred. So long as the adhesion between the device and donor substrate 
is not too strong, application of the stamp to the device followed by rapid removal results in 
delamination of the device from the donor substrate (Fig. 1.6)(50). The device can then be printed 
to the receiving substrate by contact with the substrate, and then slow removal of the stamp. 
1.3      Temperature, Skin and the Human Body 
Skin is the largest organ of the human body and provides one of the most diverse sets of 
functions. The primary function is to serve as a protective barrier against the environment(51). 
However, the structurally heterogeneous anatomy of the skin facilities numerous other functions, 
such as thermoregulation and fluid transport. The skin is structured (Fig. 1.7) by two main 
components: the epidermis, which includes the stratum corneum (SC) and adnexa (appendages, 
i.e. hairs, arrector pilli, sebaceous glands and sweat glands); and the dermis which contains the 
non-epithelial elements of the adnexa, including capillaries(52). The vasculature of skin plays a 
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key role in thermoregulation(53) via physiological control of vasodilation and vasoconstriction, 
and is organized into a superficial plexus in the upper reticular dermis, and a deep plexus in the 
lower reticular dermic(52). The human body maintains a remarkably consistent core temperature 
under healthy conditions. Ultimately, all thermal energy into and out of the body must pass through 
the skin, as a result of ambient temperature differences between the skin, metabolic thermogenesis, 
sweating and blood flow control. As such, changes in blood flow and other thermoregulatory 
control mechanisms generally result in measureable changes in thermal signals on the skin(54). 
When circulatory failure occurs, blood is diverted from less important organs (skin, muscle, 
gastrointestinal tract) to more vital organs (brain, heart, kidneys). As a result, monitoring of signals 
related to blood flow in the skin provides one method or early indication of circulatory failure(55). 
Additionally, because blood flow acts a mass transport heat exchanger, measurements of thermal 
transport properties, not just temperature, are valuable indicators of blood flow. Skin hydration is 
an additional clinically important parameter that can be inferred from the thermal transport 
properties of skin, due to the relationship between the thermal conductivity of skin and the free 
water content(56). 
1.4      Measurement Techniques for Skin and Other Soft Tissues 
There are two widely used techniques for thermal measurements of skin and other soft 
biological tissues: infrared (IR) based thermographic imaging, and single-point probe 
measurements(57). Modern single-point probe measurements typically involve a small 
temperature sensitive electronic device (electronic contact sensor) although thermometers based 
on the thermal expansion of liquid (mercury, and eventually the safer use of acetone) still exist 
today. Electronic contact sensors can be further categorized based upon the dominant electronic 
principle: those driven by a change in the electrical resistivity of a conducting element (resistance 
temperature detectors, RTDs), those driven by the change in voltage at the junction of two 
dissimilar conductors (thermocouples) and those driven by a change in the current-voltage 
response relation of a semiconductor junction device. RTDs are either driven by the temperature-
dependent scattering cross-section of an electron moving through a material (metals), or driven by 
the temperature-dependent population of mobile charge carriers (i.e. in the conduction band of a 
semiconductor in thermistors)(58). Typical metals are Pt, Au, Cu and Ni, which have a temperature 
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coefficients of resistance (TCR) of 0.0034 K-1 – 0.006 K-1 and have the following relation between 
resistance and temperature 
 𝑅𝑇 = 𝑅0[1 + 𝐴𝑇 + 𝐵𝑇
2] (1.8)  
where RT the resistance at temperature T above a reference temperature T0, R0 is the resistance at 
some reference temperature T0, A is the TCR, and B is often negligible within a small temperature 
range (<50 K), such as that expected for the human body. Thermistors are typically a mixture of 
oxides and metal or ceramics and are typically an order of magnitude more sensitive to temperature 
than pure metals at room temperature and follow the relation 






)] . (1.9)  
However, an important point that will be key to the materials used in the work here is that the 
thermistor materials and generally more brittle and more difficult to fabricate in extremely thin 
films, compared to metals, and therefore are mechanically less suited to flexible, stretchable 
devices. 
Thermographic imaging, using IR cameras, provides skin temperature mapping with a non-
contact method. This provides two key advantages. First, the lack of contact ensures that the 
measurement technique does not disturb the parameter one is trying to measure (temperature of 
skin) in any way. For example, an electronic contact sensor has an associated thermal mass that is 
added to skin, and also has the potential to alter local blood flow and vapor transmission, both of 
which impact the skin temperature. The second advantage is that spatial mapping, as opposed to 
single-point spatial measurements, allows one to examine the thermal heterogeneity of skin, which 
is related to the spatial location of different structures near the skin surface. The fundamental 
operating principle of IR cameras is the variation, as a function of temperature, of the thermal 




𝜆5[𝑒𝑥𝑝(ℎ𝑐 𝜆𝑘𝑇⁄ ) − 1]
(𝑊 𝑚3⁄ ) (1.10)  
Detectors are generally either based on an RTD array, where an absorber material, which is 
sensitive to wavelength bands of interest, heats up the individual RTD elements as it absorbs 
radiation (bolometers), or semiconductor elements which rely on the direct excitation of electrons 
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into the conduction band upon absorption of the relevant wavelength photons. Many 
semiconductor compounds are used to provide varying wavelength (and therefore associated 
temperature range) sensitivity. Currently, semiconductor based arrays are typically 3-4x more 
expensive than bolometer arrays. The semiconductor arrays are also typically more sensitive 
(sensitivity ~0.025 K for semiconductor vs. 0.05 K for bolometer) and have faster response times 
(microseconds for semiconductors, tens of milliseconds for bolometers), although the 
semiconductor arrays must also be cooled. While the various forms of IR detectors can provide 
high resolution spatiotemporal mapping, the key deficiency is motion artifacts. Because the skin 
and the detector are separated, any motion by the subject results in significant, typically signal-
dominating, motion artifacts. The result is that IR thermographic measurements of skin are limited 
to scenarios in which the subject is immobilized. 
 Numerous approaches exist for measuring blood flow near to the surface of skin, including 
mechanical, thermal and optical techniques. These techniques are described in detail in the 
Introduction to Chapter 4. Similar to IR techniques, many of the blood flow measurement 
techniques suffer from critical movement artifacts. The development of systems with similar 
measurement precision, but free from movement artifacts, serve as significant motivation for the 
work in this thesis. 
1.5      In This Thesis 
Chapter 1 provides a general overview of electronics for human health, recent advances in 
flexible, stretchable electronics with a focus on biomedical applications, and the interplay between 
thermal phenomena, skin and the human body. 
Chapter 2 describes the physics, materials and designs for arrays of ultrathin electronic thermal 
sensors that laminate onto the skin with a flexible, stretchable integration and their comparison to 
sophisticated infrared cameras for clinical research. 
Chapter 3 describes extensions of the previous electronic thermal arrays to a format conducive 
to wearable, continuous monitoring of the local thermal transport properties of skin and other 
tissues. A clinical study conducted at an external site on 25 subjects, with comparisons to existing 
state of the art commercial skin hydration sensors and optical imagers, provides validation for the 
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accuracy, precision, and overall practical effectiveness of the devices and techniques for human 
health applications. 
Chapter 4 describes the physics, materials and designs for ultrathin, skin-mounted devices for 
continuous, non-invasive monitoring of near-surface macrovascular and microvascular blood 
flow. These devices exploit anisotropic thermal transport properties of skin that are related to local 
blood flow, and enabled by device physics that build on the principles of the previous sections. 
Chapter 5 describes a class of devices, and the underlying physics, materials and designs, for 
the continuous and non-invasive assessment of core body temperature.  
Chapter 6 describes a set of mechanical design techniques for preprogrammed polymer 
fracturing to provide transfer printing stability in highly stretchable electronics. Additional 
techniques are described for a low-cost method of producing stretchable, geometrically nonlinear 
serpentine electronics down to 1.5 µm feature sizes. 
Chapter 7 describes design considerations and associated challenges of performing thermal 
transport measurements in the frequency domain (3ω measurements) in stretchable electronics. 
Chapter 8 describes a set a fabrication techniques and demonstrates the printing of arrays of 
electronic sensors onto 350 µm diameter superelastic guidewires for interventional surgery. 
Chapter 9 describes an overview of the research presented here, and a discussion of directions 
for future work. 
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1.7      Figures 
 
Figure 1.1: Carrier mobilities in bulk semiconductors(3). (A) Carrier mobility versus bandgap 
in bulk semiconductor materials and in graphene nanoribbons and carbon nanotubes (simulations). 










Figure 1.3: Organic FET on a flexible substrate(14).  (A,B) Output and transfer characteristics 
of the organic FET on plastic. (C) Optical image of organic FETs on plastic. (D) Transfer curves 
before and after bending at different radii of curvature. (E) Mobility at different radii of curvature. 





Figure 1.4: Schematic showing the deformation in the device and skin to maintain conformal 











Fig 1.6: Illustration of critical energy release rates in viscoelastic transfer printing(50). When 
the adhesion strength of the film/substrate interface is in the proper range, a device can be 










ULTRATHIN CONFORMAL DEVICES FOR PRECISE AND CONTINUOUS 
THERMAL CHARACTERIZATION OF HUMAN SKIN 
This chapter was published as "Ultrathin conformal devices for precise and continuous thermal 
characterization of human skin," by R. C. Webb†, A. P. Bonifas†, A. Behnaz, Y. Zhang, K.J. Yu, 
H. Cheng, M. Shi, Z. Bian, Z. Liu, Y. S. Kim, W.-H. Yeo, J. S. Park, J. Song, Y. Li, Y. Huang, A. 
M. Gorbach and J. A. Rogers, Nature Materials 12, 938-944 (2013). Reproduced with permission 
from the publisher. The analytical and finite element derivations presented in this chapter are 
outcomes of close collaborations and joint work with theorists. 
2.1      Introduction 
Traditional methods for skin thermography either use sophisticated infrared (IR) digital 
cameras for spatial imaging or simple, paste-on temperature sensors for single-point 
measurements. These and other related technologies have value in certain contexts, but they do 
not offer continuous, cost-effective precision mapping capabilities that are required for use at the 
point of care. For example, IR cameras provide mK precision and fine resolution in imaging, but 
they are expensive and require immobilization of the subject. Point contact sensors avoid these 
limitations, but they do not have the ability to perform spatial mapping, as typically required to 
extract meaningful information across the structurally and functionally heterogeneous surface of 
the skin. Such devices also irritate the skin and modify its natural physiological responses by 
thermally and mechanically loading its surface.  
Here we introduce a class of thermal characterization technology that combines precision 
measurement with mapping capabilities, in a form that integrates intimately and non-invasively 
onto the surface of the skin. The devices incorporate microscale temperature sensors that can 
simultaneously act as micro-heaters (actuators), in arrayed layouts on thin, low modulus elastic 
sheets. The sensors/actuators rely either on thin serpentine features of thin metal (50 nm thick; Au) 
or PIN diodes constructed with nanoscale membranes of silicon (320 nm thick; silicon 
nanomembranes, Si NMs). Integrated collections of such components offer mechanical properties 
and geometries matched to human tissue(1), through advanced application of emerging concepts 
in stretchable electronics(2). A key enabling characteristic for use on the skin is the ability to 
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provide soft, conformal contact with the epidermis in a manner that does not constrain or alter 
natural motions or behaviors. This ‘epidermal’(2) design enables robust adhesion with minimal 
irritation or discomfort, and without measurement artifacts that can arise from relative motion of 
the sensors/actuators and the skin or from interference with processes such as transdermal water 
loss. Here, we describe these technologies and illustrate their capabilities in continuous thermal 
characterization of the epidermis. Examples range from temperature measurement with a precision 
that matches the most sophisticated IR cameras, to assessment of thermal conductivity and effects 
of blood flow on thermal transport.  
2.2      Results and Discussion 
We built two types of system. The first consists of arrays of temperature sensors that rely on 
the temperature coefficient of resistance (TCR) in thin (50 nm), narrow (20 μm) serpentine traces 
of gold, fabricated using microlithographic techniques (Supplementary Note A.1.1) and 
configured for direct external addressing. The second exploits multiplexed arrays of sensors based 
on PIN diodes formed by patterned doping of Si NMs (Supplementary Note A.1.2). Here, changes 
in temperature cause well-defined shifts in the turn-on voltage. In both cases, the devices can be 
used as temperature sensors, as local microscale heaters, or as both, simultaneously. Figure 2.1 
shows representative systems supported by thin (50 μm) uniform or microperforated elastomeric 
substrates, or integrated directly onto the human skin. The TCR device combines sixteen sensors 
(each ~1 mm x 1 mm, in a 4x4 layout) with interconnect traces (30 μm wide and 600 nm thick) in 
a filamentary serpentine mesh. Thin layers of polyimide (PI, 1.2 μm) encapsulate these structures 
from above and below, to provide electrical insulation and a moisture barrier (Fig. 2.2A). This 
construction also places the metal close to the neutral mechanical plane, for improved mechanical 
robustness. The filamentary mesh design minimizes strain in the sensors and interconnects during 
deformation. The PIN system (Fig. 2.2C) combines sixty-four sensors (each ~100 µm x 200 µm, 
an 8x8 layout) in a similar mesh structure, but with an interconnect design that allows multiplexed 
addressing. The resulting layout reduces the number of external connections from 128 (direct 
addressing) to 16 (multiplexed addressing), and allows straightforward scaling to increased 
numbers of sensors. The devices mount directly onto the skin or onto thin, uniform or 
microperforated sheets of silicone elastomer (50 μm, 30 kPa). Conformal attachment to the skin in 
all cases occurs through the action of van der Waals forces alone. The effective moduli of the 
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systems are comparable to or smaller than that of the epidermis, thereby yielding a type of 
integration that is ‘mechanically invisible’ to the user. Devices are typically applied to skin that is 
mostly hairless (glabrous) or shaved. Small amounts of hair can be accommodated, as shown in 
Supplementary Figure A.1. A thin, flexible, conductive cable (Elform, HST-9805-210) establishes 
connection to external control and data acquisition electronics. Typical measurements involve 
averaged outputs sampled at 2 Hz or 0.5 Hz, to yield precision (one standard deviation) of ~12 mK 
(n = 222) or ~8 mK (n = 55), respectively, as evaluated in control experiments. Use on human skin 
in hospital settings increases noise slightly, resulting in a precision of ~23 mK sampled at 2 Hz (n 
= 300) or ~14 mK sampled at 0.5 Hz (n = 75) (Supplementary Fig. A.2(D and E), Supplementary 
Fig. A.3). This performance compares favorably to that of sophisticated IR cameras, such as the 
one used in this work (3.0 - 5.0 μm wavelength, 640 x 512 pixels, 14 bits per pixel; Santa Barbara 
Focalplane Array, Lockheed Martin, USA), which has a measured sensitivity of ~24 mK (2 Hz 
sampling rate, n = 300) (Supplementary Fig. A.2F). We detected no hysteresis, within 
uncertainties, in the response of the sensors (Supplementary Fig. A.4). Details of the setup, 
calibration procedure and addressing schemes appear in Supplementary Note A.1.3. Shown 
mounted on a human wrist in Figure 2.2B, the epidermal sensor arrays reveal a spatial map of 
temperature (right) that matches well with the image obtained by the IR camera (left). The 
scalability of the procedures for microfabrication provides straightforward routes to improved 
spatial resolution. The numbers of independently addressable sensors can be increased with 
multiplexing schemes that use the PIN diodes as switching elements. Figure 2.2D, shows a 
temperature map (right) of a thin film copper heater, obtained with a PIN system (left).  
 The extremely thin and compliant construction of these devices provides important benefits. 
The first relates to mechanics. Here, the skin-like properties facilitate robust bonding to the skin 
without irritation, and enable effective isolation of the sensors/actuators from applied strain. This 
latter aspect is important because strain can change both the resistances and the turn-on voltages 
of the TCR and PIN sensors, respectively, in ways that could frustrate interpretation of the 
measurements. The open mesh, serpentine layouts, the neutral mechanical plane construction and 
the ultrathin device dimensions act together to minimize local strains on the sensors/actuators, 
even under relatively large system-level deformations. Motions of human skin involve a 
combination of wrinkling and stretching, to enable overall deformations of up to 100% in areas 
such as knees and elbows. The skin itself has a linear response to tensile strain up to ~15%, non-
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linear to ~30%, and rupture at >30%(3), depending on factors including age and sun exposure(4). 
Strain induced by wrinkling can be well accommodated by the thin, neutral mechanical plane 
device designs. Tensile strains are relieved through microscale buckling and twisting of 
interconnect lines within the open mesh, serpentine layouts. Finite element analysis (FEA) and 
experimental results (Supplementary Fig. A.5) show, for example, that for a TCR device under a 
uniaxial strain of 10%, the average strains developed at the sensors/actuators are <0.02%, 
corresponding to <50 mK shift in the apparent temperature (Supplementary Note A.1.4). Similar 
FEA on PIN systems (Supplementary Note A.1.4) indicate maximum principal strains <0.55% 
(Supplementary Fig. A.6). In many practical cases, modest changes associated with these small 
strains can be eliminated with signal processing that exploits differences between characteristic 
frequencies associated with motion and changes in temperature. 
 The second consideration relates to thermal loading and response times, where the extremely 
low thermal masses (Supplementary Note A.1.5) of the devices and their high degrees of water/gas 
permeability (Supplementary Note A.1.6) are advantageous. For the case of devices laminated 
directly onto the skin with no elastomeric backing (Fig. 2.1A), the calculated thermal mass per 
unit area is 150 μJ·cm-2·K-1, which is the equivalent thermal mass per unit area of a layer of skin 
with thickness <500 nm, depending on hydration level. The addition of an elastomeric backing 
layer with thickness ~50 μm, which provides support for repeated application and removal of 
devices, raises the thermal mass per unit area to 7.2 mJ·cm-2·K-1, which is equal to <25 μm of skin. 
Furthermore, the thermal inertia, a measure of the resistance of a system to changes in temperature, 
of the elastomer system is ~500 W·s1/2·m-2·K-1, which is smaller than the value, 1000-2000 
W·s1/2·m-2·K-1, for the skin itself(5, 6). As a result, the sensor system can respond rapidly to 
changes in skin temperature. Test experiments (Supplementary Fig. A.7) involving application of 
a heated droplet of glycol on a sensor reveal response times (~5 ms) that are far faster than any 
known physiological thermal process measurable at the surface of the skin. Analytical models 
quantitatively reproduce these time dynamics (Supplementary Note A.1.7), thereby providing 
guidelines for optimized designs. For example, the PI encapsulation layers play key roles: 
increasing the thickness from 3.6 to 6.0 μm increases the response time from 3.7 and 13.1 ms. The 
combined effects of this small thermal mass and the permeability of the thin silicone substrates 
minimize physiological impacts. Temperatures measured with the IR camera on the palm near a 
sensor device and directly underneath it (Supplementary Fig. A.8(A and B)) show minimal 
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differences. The effect of the system on skin hydration (Supplementary Fig. A.8C) is also small, 
corresponding to an increase in relative skin hydration of <6% after 3 hours of continuous use, as 
measured by a commercial moisture meter (Delfin MoistureMeterSC). Experiments conducted 
under conditions of profuse sweating demonstrate a situation which requires devices with no 
elastomeric backing to avoid disrupting natural processes. Devices with no elastomeric backing 
show no significant effect on skin temperature during profuse sweating, whereas devices with an 
elastomeric backing result in small temperature increases, <2 °C, directly beneath the device 
following high-intensity exercise (Supplementary Fig. A.9). 
 Figure 2.3 summarizes results of measurements with a TCR device on the palm during 
applications of mental and physical stimuli. An immobilized configuration enables comparison to 
measurements with IR images collected directly through the transparent regions of the device and 
in adjacent areas. The mental stimulus experiments involved 30 minutes of rest, followed by a 
series of mental math problems involving simple operators such as subtraction and division. 
Measurements of temperature from a representative sensor in the array and the results of spatially 
averaging data from a neighboring region in the IR image appear in Figure 2.3B. In the period 
before the mental stimulus, the data show clear temperature fluctuations of 0.1-1.0 °C at 
frequencies of 0.005-0.05 Hz. Previous studies have indicated that skin on the palm has 
fluctuations in blood perfusion in this frequency regime due to the sympathetic activity of 
arteriovenous anastomoses(7-10). The remarkable level of agreement between the various 
measurements throughout this experiment establishes the precision and the absence of any effects 
of the device on natural thermal processes. Physical stimulus, involving gently rubbing together 
two fingers on the hand opposite to the one with the sensor, leads to qualitatively similar 
behaviours, with similar levels of agreement (Supplementary Fig. A.3C).  
The low frequency oscillations evident in the data of Figure 2.3D have diagnostic value for 
conditions such as congestive heart disease and tissue hypoxia(11), and disturbances in skin blood 
flow may reflect functional changes due to disease in other important organ systems(12). Because 
small skin temperature changes correlate with tissue blood flow(13), they can serve as naturally 
occurring markers for monitoring periodic contraction and dilation of the vessels (vasomotion). 
Prior studies of oscillatory behavior in blood flow at low frequencies suggest correlations to local 
vasomotions controlled by endothelium-derived hyperpolarizing factor (EDHF) (0.005-0.0095 
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Hz), rate of endothelial release of nitric oxide (0.0095-0.02 Hz), and sympathetic activity (0.02-
0.06 Hz)(14). Continuous temperature measurements on the forearm during a 60 minute rest period 
demonstrate capabilities in this context (Fig. 2.3D). Here, the low frequency power spectra of 
temperatures from a TCR device and the IR camera exhibit peaks at ~0.01 Hz and ~0.04 Hz, likely 
corresponding to the types of vasomotion described above. Additional information and results of 
control experiments appear in Supplementary Figure A.8D and Supplementary Note A.1.8. 
 In addition to use as passive monitors of natural processes, these sensors can measure time-
dynamic changes associated with externally stimulated events. Figure 2.4 illustrates a 
cardiovascular screening procedure(15, 16) as an example of vasoconstrictive and vasodilative 
reactivity, where the vasculature adjusts blood flow through changes in vessel diameter in response 
to physiological stimuli(17). Here, the device measures the temperature above the ulnar artery as 
part of a reactive hyperemia protocol in which blood flow of the entire upper extremity is 
temporally occluded by a pressure cuff on the upper arm, and then the pressure is released. During 
the occlusion, the temperature of the skin (right above the ulnar artery) decreases drastically due 
to lack of incoming blood flow and loss of heat to the environment. After the release of the 
occlusion, an overshoot in temperature above the baseline level may occur because of an increase 
in blood flow above the initial value. Studies have shown that the extent of vasodilation(18), 
maximal percentage increase in blood flow rate after occlusion(15), and duration of reactive 
hyperemia(16) are valuable early indicators of the presence of cardiovascular risk factors. For 
example, the duration of reactive hyperemia (defined as the time period between the release of 
occlusion and the return of blood flow to within 5% of the baseline value) was shown to be 
significantly lower in subjects with hypercholesterolemia, diabetes mellitus, or in those who were 
smokers, as compared to healthy controls (80-95 s for those positive for risk factors as compared 
to 105-120 s for healthy controls)(16), and the incidence of death due to cardiovascular events was 
shown to be significantly less likely in subjects with a maximal blood flow rate >105 cm/s in the 
brachial artery during reactive hyperemia as opposed to subjects with smaller increases(15). The 
responses of sensors across the array vary widely (Fig. 2.4C) due to the localized thermal effect of 
the hyperemic response of the ulnar artery, confirmed by the IR image (Fig. 2.4B). The use of the 
spatial mapping array allows for useful measurement of the reactive hyperemia response without 
precise placement of a single element above the artery. A thermal model of the human wrist 
(Supplementary Note A.1.9 and Supplementary Fig. A.10) that considers the various tissues 
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surrounding the ulnar artery, and quantitatively characterizes the heat exchange between the blood 
flow and the surrounding tissues, enables conversion of the measured changes in temperature (Fig. 
2.4D, top) into changes in blood flow rate (Fig. 2.4D, bottom). The temporal variation of flow 
during the experiment can be approximated with a piecewise, exponential type function, 
corresponding to the stages of pre-occlusion, vascular occlusion, and reperfusion after cuff 
pressure release(19, 20). The parameters characterizing this function are determined by the 
corresponding stages of temperature-time profiles derived from experimental measurement. Figure 
2.4D demonstrates that the calculated temperature history using the thermal model can accurately 
account for the experimental results. For vessel diameters and depths that lie within reported ranges 
(Supplementary Note A.1.9), the peak blood flow velocity after occlusion is calculated to be 98 
cm/s, which represents a ten-fold increase over the baseline of 9.8 cm/s, with a reactive hyperemia 
duration of 127 s. These values match well with the literature(15, 16) for a person with low 
cardiovascular risk.  
 In comparison to conventional, point-contact sensors and IR cameras, the technologies 
reported here offer an additional option for delivering precise levels of heating to the surface of 
the skin. An important example of the expanded capabilities that follow is a strategy for 
determining the local thermal conductivity. This parameter is of interest partly because it is known 
to serve as a useful proxy for free water content(5), as a simple methodology to monitor skin 
hydration and perspiration. In this mode, the temperature of a sensor element is measured during 
the application of constant current over two seconds, to create a small temperature rise (<2°C) on 
the skin. The thermal conductivity (k) of the skin is determined through a modification of the 
transient plane heat source method(21) and standardized ISO-22007-2-2008 procedure, as outlined 
in Supplementary Note A.1.10. Calibration can be performed with deionized water and ethylene 
glycol, and verified in four water/glycol mixtures (Fig. 2.5A). Figure 2.5C shows the temperature 
rise of a sensor element in contact with deionized water, air, and the human forearm during 
measurement. A minimal power level of 1 mW, applied for two seconds, is required to obtain 
accurate measurements, as indicated by the large error bars associated with measurements with 
powers <1 mW in Figure 2.5D. The characteristic depth of measurement, discussed in 
Supplementary Note A.1.10, is approximately 500 μm. The simple correlation between the 
maximum rise in temperature and the reported thermal conductivity, shown as a shaded region in 
Figure 2.5C and quantitatively in Figure 2.5E, additionally provides a means to verify adequate 
28 
 
sensor-skin thermal contact during long-term clinical monitoring. Figure 2.5E indicates excellent 
correspondence between thermal conductivity and hydration determined with a moisture meter 
(Delfin MoistureMeterSC) that uses electrical impedance. Figure 2.5F demonstrates the use of this 
technique to generate a spatial map of thermal conductivity of the skin, by individual control of 
the actuators. Advantages of thermal measurements of hydration compared to those based on 
capacitance or impedance include the ability to isolate the electronics from the skin and to measure 
both temperature and thermal conductivity with a single system.  
The results presented here demonstrate that unusual combinations of materials and device 
components in stretchable electronic systems can, when implemented with advanced modeling and 
analysis techniques, enable versatile, precision capabilities in thermal characterization of the skin. 
Several key features of operation suggest potential for practical use outside of hospital settings, to 
provide real-time, clinical quality data for continuous health/wellness assessment. The 
microfabrication techniques used for these devices and the multiplexed schemes for addressing the 
sensors/actuators in them both scale in ways that create opportunities for substantially increased 
spatial resolution, with potential for monitoring of blood perfusion or localized thermogenesis 
associated with inflammatory events in tissues, as well as vascular tone and reactivity within well-
defined vasculature territories, including capillary beds. Ongoing efforts into wireless device 
implementation will allow application of the techniques presented here to long-term studies with 
continuous precision thermal monitoring. Adapted versions of this technology may also allow 
intraoperative application to surgically exposed organs, such as our adaptation of this technology 
into conformal membranes for cardiac monitoring (Fig. 2.6; contributed as part of Xu, L., et al. 
Nature Communications 5, 3329 (2014)), including observation of high frequency changes in 
vascular flow (e.g., influenced by cardiac and respiratory rates). Additionally, the use of combined 
temperature sensing and microheating arrays in clinical research may create principally new 
diagnostic and therapeutic approaches for medicine. Use of local heating to create skin “temporal 
windows” for localized drug delivery through targeted microvascular territory(22), non-invasive 
glucose monitoring(23), or local nutrient delivery critical for rapid, infection-resistant wound 
healing(24) represent additional possibilities of interest.  
 
2.3      Materials and Methods 
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Fabrication of TCR devices 
The fabrication, detailed in Supplementary Note A.1.1, began with spin coating of a thin film 
of PI (~1.2 μm, Sigma Aldrich) on a sacrificial layer of poly(methylmethacrylate) (PMMA, 100 
nm, MicroChem). Metal-evaporation (Cr/Au, 5 nm/50 nm), photolithography and wet-etching 
steps defined serpentine-shaped TCR sensors. Additional PI spin coating, oxygen reactive ion 
etching and metal deposition for contacts and interconnects completed the array, which was then 
transferred to a thin silicone support and bonded to a thin, flexible cable for external connection. 
Fabrication of PIN devices 
The fabrication, detailed in Supplementary Note A.1.2, began by defining n and p-doped 
regions on a silicon on insulator (SOI, 320 nm Si on buried oxide) wafer. The doped regions were 
then transfer printed onto a Si wafer coated with PMMA and PI. Metal-evaporation, 
photolithography, chemical vapor deposition, and wet-etching steps defined metallization layers. 
Additional PI spin coating, oxygen reactive ion etching and metal deposition for contacts and 
interconnects completed the array, which was then transferred to a thin silicone support and bonded 
to a thin, flexible cable for external connection. 
Thermal oscillation test 
A volunteer (male, 28 years old) reclined in a chair with his left forearm gently secured to the 
armrest via Velcro strips to reduce movement. A TCR device was placed on the ventral side of the 
left forearm and brought into thermal contact with a puff of compressed air. The IR camera was 
placed 41 cm from the subject’s left forearm, focused on the TCR device. The lights were then 
turned off (t = 0) and the subject was instructed to relax for 60 min. At t = 60 min the period of 
data acquisition ended. 
Mental stimulus test 
A volunteer (male, 28 years old) reclined in a chair with his left forearm secured to the armrest 
via Velcro strips to reduce movement. A TCR device was placed on the ventral side of the left 
forearm and brought into thermal contact with a puff of compressed air. The IR camera was placed 
41 cm from the subject’s left forearm, focused the TCR device. The lights were then turned off (t 
= 0) and the subject was instructed to relax for 30 min. At t = 30 min an alarm sounded, and the 
subject was given an additional 10 min of relaxation. At t = 40 min the subject began a series of 
mental arithmetic lasting 30 min. At t = 70 min the period of data acquisition ended.  
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Physical stimulus test 
A volunteer (male, 28 years old) reclined in a chair with his left forearm secured to the armrest 
via Velcro strips to reduce movement. A TCR device was placed on the palm of the left hand and 
brought into thermal contact with a puff of compressed air. The IR camera was placed 16” from 
the subject’s left palm, focused on the palm at the location of the TCR device. The lights were then 
turned off (t = 0) and the subject was instructed to relax for 30 min. At t = 30 min an alarm sounded, 
and the patient was given an additional 10 min of relaxation. At t = 40 min the subject began to 
rub the fingers of his right hand for a period of 2 min. At t = 42 min the subject ceased rubbing 
and attempted to relax for an additional 20 min. At t = 62 min the period of data acquisition ended. 
Reactive hyperemia test 
A volunteer (male, 28 years old) reclined in a chair with his left forearm secured to the arm 
rest via Velcro strips to reduce movement. A pressure cuff was secured around the subject’s left 
bicep. A TCR device was placed on the skin of the left wrist, volar aspect, approximately above 
the ulnar artery and brought into thermal contact with a puff of compressed air. The IR camera 
was placed 41 cm from the subject’s left wrist, focused on the location of the TCR device. The 
lights were then turned off (t = 0) and the subject was instructed to relax for 5 min. At t = 5 min 
the pressure cuff was inflated to a pressure of 250 mm Hg for a period of 1 min. At t = 6 min the 
pressure in the cuff was released. The subject was instructed to relax for 24 min. At t = 30 min the 
period of data acquisition ended. 
Thermal conductivity and hydration measurements 
Thermal conductivity was determined by analyzing the temperature rise data from sensor 
elements during a 2 s period of heating. Each measurement occurred in three stages of measuring 
the voltage drop during a period of constant current using a Gamry Instruments Reference 600 
Potentiostat: 1) application of 100 μA for 2 s, 2) switching to 1.5 mA for 2 s (heating), and 3) 
switching to 100 μA for 2 s. This measurement was performed ten times on a single sensor, and 
the temperature rise data were analyzed according to the transient plane source method, as outlined 
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2.5      Figures 
 
Figure 2.1: Ultrathin, compliant, ‘skin-like’ arrays of precision temperature sensors and 
heaters. (A) Image of a 4 x 4 TCR sensor array after application to the skin using a water-soluble 
adhesive tape based on poly(vinyl alcohol). (B) Similar device, deformed by pinching the skin in 
a twisting motion. (C) Magnified image of a related device on a microperforated elastomeric 
substrate, under tensile strain. (D) Infrared image of a 4 x 4 TCR sensor array mounted on the wrist 
at a location near the ulnar artery. (E) Image of a 8 x 8 Si NM diode sensor array mounted on the 
skin. (F) Similar device as deformed by pinching the skin in a twisting motion. (G) Image of a 4 
x 4 TCR sensor array mounted on microperforated elastomeric substrate, showing the ability of 
water to pass through readily. (Inset) Magnified image of a single TCR sensor on a microperforated 






Figure 2.2: Functional demonstrations of epidermal temperature sensors and heaters. (A) 
Optical images of a 4 x 4 TCR sensor array integrated on a thin elastomeric substrate with 
magnified views of a single sensor. (B) Infrared image of a similar device mounted on the skin of 
the human wrist (left) and map of temperature (right), where each pixel represents the reading of 
one sensor in the array. (C) Optical images of a 8 x 8 Si NM diode sensor array integrated on a 
thin elastomeric substrate with magnified views of a single sensor. (D) Optical image of a similar 





Figure 2.3: Epidermal electronic evaluations of skin temperature at rest and during mental 
and physical stimulation. (A) Infrared image of a 4 x 4 TCR sensor array mounted on the palm 
during stimulus experiments. (B) Temperature of the palm measured with an IR camera (blue) and 
a sensor array (red, offset for clarity) during mental and (C) physical stimulus tests. (D) 
Normalized Fourier transform of temperature measured on the forearm using a TCR sensor array 
(red), and using IR camera evaluation through a transparent region of the array (blue). Both 





Figure 2.4: Epidermal electronics for a reactive hyperemia test. (A) IR image of a 4 x 4 TCR 
sensor array on the wrist during an occlusion test at t = 360 s (corresponding to the end of a 60 s 
period of occlusion, during which there is minimal blood flow) and (B) t = 420 s (corresponding 
to the peak in temperature rise after releasing the occlusion). (C) Measured temperature changes 
during occlusion (t = 300 s - 360 s) and after occlusion (t = 360 s – 660 s) recorded by each of the 
16 sensors in the 4 x 4 TCR sensor array. (D) Finite element analyses (FEA) of the temperature 
rise at the surface of the skin above the ulnar artery during the occlusion experiment as compared 
to experimental data (top) and blood flow rate through the ulnar artery used in the FEA (bottom). 
The key parameters characterizing the temporal variation of blood flow rate include: the occlusion 
time (tocc) = 60 s as used in the experiment; time-to-peak-flow (tdw) = 15 s; baseline flow rate (ω0) 
= 15 mL/min; occluded flow rate (ωs) = 3 mL/min; peak flow rate (ωmax) = 150 mL/min. (E) 
Temperature measured by the single sensor that showed the largest change in temperature change 




Figure 2.5: Epidermal electronics configured for evaluating skin hydration and thermal 
conductivity. (A) Thermal conductivity of water/ethylene glycol solutions as measured by a TCR 
heater / temperature sensor (points) and reported in the literature (dotted line). (B) Temperature 
rise as a function of Joule heating rate provided by a TCR heater / temperature sensor on an 
elastomeric backing, laminated onto the skin (red) and free-standing in air (black) (C) 
Representative temperature rise during a 2 s period of heating on the elastomeric backing free-
standing in air, laminated onto the human forearm, and with a drop of water on top. (D) Measured 
thermal conductivity as a function of Joule heating rate provided by a TCR heater / temperature 
sensor from t = 0 – 2 s. Error bars represent standard deviations over ten measurements. The results 
indicate that a power of only ~1 mW enables reasonable signal to noise. (E) Thermal conductivity 
(blue) and temperature rise at t = 1.5 s (red) as a function of skin hydration as measured with a 
commercial moisture meter (Delfin). The points and dotted lines represent measured data and 
modeling, respectively. Error bars represent standard deviations over ten measurements. The 
applied power in this case was 1.8 mW. (F) Spatial mapping of thermal conductivity on the 






Figure 2.6: TCR arrays applied to living rabbit hearts. (A) Application of a 4x4 TCR array to 
a rabbit heart for temperature monitoring during cold perfusion. Left: image of a 4x4 TCR array 
integrated on a Langendorff-perfused rabbit heart. Middle: temperature recordings from a 
representative sensor illustrated in the left inset. Right: temperature maps at representative time 
points in the middle inset with corresponding heart rate calculated from ECG. Each pixel in the 
colour map corresponds to recording from one temperature sensor. Scale bar, 1 cm. (B) 
Temperature measurements during an ablation experiment. Positions of the sensor array and 
cautery pen are shown in the left inset. Temperature map during ablation (upper right) and 
recordings from representative sensors (bottom right) are shown respectively. Scale bar, 7 mm. 





THERMAL TRANSPORT CHARACTERISTICS OF HUMAN SKIN MEASURED IN 
VIVO USING ULTRATHIN CONFORMAL ARRAYS OF THERMAL SENSORS AND 
ACTUATORS 
This chapter was published as “Thermal transport characteristics of human skin measured in 
vivo using ultrathin conformal arrays of thermal sensors and actuators,” by R. C. Webb†, R. M. 
Pielak†, P. Bastien, J. Ayers, J. Niittynen, J. Kurniawan, M. Manco, A. Lin, N. H. Cho, V. 
Malyrchuk, G. Balooch and J. A. Rogers, PLoS ONE 10(2): e0118131 (2015). Reproduced with 
permission from the publisher. The analytical and finite element derivations presented in this 
chapter are outcomes of close collaborations and joint work with theorists.  
3.1      Introduction 
Skin is the largest organ of human body and it provides one of the most diverse sets of 
functions. The outermost layer, the stratum corneum (SC), serves as a protective barrier and the 
first defense against physical, chemical and biological damage. The skin also receives and 
processes multiple sensory stimuli, such as touch, pain and temperature and aids in the control of 
body temperature and the flow of fluids in/out of the body (1). These processes are highly regulated 
by nervous and circulatory systems, but also depend directly and indirectly on thermal 
characteristics. The thermal transport properties of this tissue system can reflect physical/chemical 
states of the skin, with potentially predictive value in contexts ranging from dermatology to 
cosmetology. Measurement systems for ex vivo analysis (2, 3) have some utility in establishing a 
general understanding of the properties, but they are irrelevant to investigations of the skin as an 
integral part of a complex, living organism. Existing in vivo approaches couple the use of laser 
heating or induced changes in the temperature of the ambient with infrared thermography (4-6), or 
they exploit rigid probes that press against the skin (7, 8). These and other previously reported 
methods only apply to certain regions of the skin; they do not readily allow thermal mapping 
measurement or determination of anisotropic properties and they operate effectively only in 
controlled, laboratory settings. As a result, little information exists that quantitatively characterizes 
the relationships between the in vivo thermal transport properties of skin and clinically relevant 
parameters such as hydration, vascularization and structure. Here, we introduce strategies that 
exploit ultrathin, soft systems (9-18) of thermal actuators and sensors for robust, precise transport 
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measurements, in a non-invasive manner that can rapidly capture both orientation and position 
dependent characteristics.  Assessments of the skin at six different body locations in twenty-five 
human subjects illuminate systematic variations in both the thermal conductivity and thermal 
diffusivity, for which measurements by optical coherence tomography (OCT), and electrical 
impedance yield additional insights into the underlying physiology. 
Our recent report (10) introduced a type of thermal sensor with thickness, modulus and thermal 
mass matched to the epidermis, for spatiotemporal mapping of temperature on the surface of the 
skin with precision equal to or better than that of state-of-the-art infrared thermography systems. 
In the present work, advanced versions of this technology enable mapping of not only temperature 
but also thermal transport properties, including thermal conductivity and thermal diffusivity (and, 
therefore, the heat capacity per unit volume via the ratio of these two quantities) and their in-plane 
directional anisotropies. A representative device, shown in Figure 3.1(A and B) mounted on the 
cheek, consists of a 4x4 array of interconnected filamentary metal structures (Cr/Au; 6/75 nm 
thick, 10 µm wide) that simultaneously function as thermal sensors and actuators, where the 
temperature coefficient of resistance of the metal couples changes in temperature to changes in 
resistance. A thin (<3 µm) film of polyimide encapsulates these structures and their electrical 
interconnects (Ti/Cu/Ti/Au; 10/500/10/25 nm thick, 50 μm wide) both above and below. A low 
modulus (35 kPa), thin coating (as small as 5 µm) of a silicone elastomer (Ecoflex 00-30, Smooth-
on, USA) provides a conformal, intimate thermal interface directly to the SC. This soft mode of 
contact, together with the stretchable construction of the overall system, allows for repeated cycles 
of application, operation and removal without adverse effect on the device or the skin. The 
maximum heating powers used in experiments reported here introduce readily measurable changes 
in the temperature at the surface of the skin, but at levels that lie below the human sensory 
threshold. Optical coherence tomographic (OCT; VivoSight, Michelson Diagnostics, UK) images 
(Fig. 3.1(C and D)) of a region of the skin before and after mounting device (highlighted in blue) 
highlight the high level of conformal contact afforded by soft, compliant construction.  A wired 
electrical interface to a USB-powered portable data acquisition system enables operation in non-
laboratory settings. See Supplementary Notes B.1.1-2 and Supplementary Figures B.1-B.4 for 
device fabrication and data acquisition details, and statistical analysis of in vivo device temperature 
readings compared to infrared techniques. 
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3.2      Results and Discussion 
The sensors and actuators can be used interchangeably in two different modes to assess thermal 
transport. The first mode uses each element in the array sequentially and independently as both an 
actuator and a sensor. The measurement occurs quickly (<2 s), with capabilities for spatial 
mapping. An infrared image collected during the heating sequence (Fig. 3.2A) shows results of 
local, rapid heating generated by a single element.  Figure 3.2B illustrates findings from FEM 
modeling of the 3-dimensional temperature distribution after 1.2 s of heating, to provide a sense 
of the depth and lateral spatial scales associated with the measurement.  For routine analysis, a 
simple modification to an analytical treatment (19) in which the heating element is considered as 
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   
(3.1)  
where T is the temperature at an effective distance, A2, from the heater, T∞ is the temperature before 
heating, Q is the heating power, kskin is the thermal conductivity of the skin, ρskincp,skin is the 
volumetric heat capacity of skin, t is time, and erfc is the complementary error function. A1 is a 
parameter that accounts for details associated with the multilayered geometry of the device; its 
value is calibrated through measurements of materials with known thermal properties similar to 
those of the skin (water, ethylene glycol and polydimethylsiloxane). A2 accounts for the fact that 
the thermal actuator (serpentine wire distributed over an area of 1x1 mm2) when used as a sensor 
records a temperature that corresponds to a weighted average over the area of the element. This 
average temperature, in the model of equation (3.1), is equivalent to the value at a distance A2 away 
from an effective point source of heat.  As a result, A2 lies between 0 and 0.5 mm, depending on 
the geometric details and materials properties. In practice, A2 is selected to yield quantitatively 
accurate results with materials of known thermal properties similar to those of skin. Analysis of in 
vivo data involves an iterative fitting procedure (Matlab, Mathworks, USA) to determine kskin and 
the thermal diffusivity (αskin = ρcp,skin / kskin) using equation (3.1). Analysis of the sensitivity of the 
fitting process in the presence of experimental noise indicate maximum uncertainties of 2% and 
8% for kskin and αskin, respectively (Supplementary Note B.1.3 and Supplementary Fig. B.5).  A 
similar analysis for errors in sensor calibration indicate maximum uncertainties of 5% and 15%. 
Measurements described subsequently demonstrate in vivo repeatability of better than 6% and 9% 
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for kskin and αskin respectively. Comparison of thermal properties determined using equation (3.1) 
to those determined using solutions that explicitly integrate numerically over the sensor area 
indicate discrepancies that lie below the level of these experimental errors (Supplementary Note 
B.1.4).  
Examples of representative data (black lines) and calculations based on equation (3.1) (red 
dashed lines) for each element across the array appear in Figure 3.2C (an example of a 
malfunctioning sensor that can be quickly identified by the lack of signal, and removed from 
analysis, is seen in the bottom-most, left-most graph). Figure 3.2D presents similar results along 
with extracted values of kskin and αskin for the cheek and the heel pad.  The differences between 
these two cases are significant, and likely result, at least in part, from the variations in the 
thicknesses of the SC, as described subsequently. The effective depth associated with the 
measurement can be approximated as (20)  
 maxp t   
(3.2)  
where tmax is the characteristic measurement time. This equation gives a probing depth of ~0.5 mm 
which agrees well with experimental analysis of measurement depth (Supplementary Note B.1.5, 
Supplementary Fig. B.6) as well as the depth of heating shown by the FEM results in Figure 3.2B.  
The depth dependent properties of the skin over this length scale influence the measurements.    
This measurement mode enabled comprehensive, systematic studies of thermal transport 
characteristics, in vivo, on twenty-five human subjects at six different body locations: cheek, dorsal 
forearm (d-forearm), volar forearm (v-forearm), volar wrist, palm and heel pad. Results for kskin 
and ρskincp,skin follow from analysis using equation (3.1); αskin, which corresponds to their ratio, is 
useful to consider also, because it determines whether kskin and ρskincp,skin vary independently across 
body locations. Correlations between skin thermal properties to SC hydration measured using a 
corneometer (Cutometer® MPA 580, Courage + Khazaka Electronics GmbH), EP thickness and 
SC thickness measured using OCT provide further insights into the results. Figure 3.3, which 
shows the distribution of these variables using a boxplot representation, reveals three distinct 
clusters for the thermal parameters: 1 cheek; 2 heel; and 3 palm, wrist, v-forearm and possibly d-
forearm (the spread in the data here is relatively large due to the interference of hair on the 
measurement). Some separation occurs between the palm and the wrist/v-forearm/d-forearm, but 
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to a degree that is not apparent from the univariate descriptive analysis. OCT yielded accurate 
values of SC thickness for the palm and heel pad but not for the follicular regions, where previous 
studies indicate a typical value of ~15 µm (21-23).  
Pairwise correlation analyses for the skin thermal parameters, SC and EP thickness, and SC 
hydration appear in Figure 3.4 for the entire data set, in Figure 3.5 for each follicular region and 
in Figure 3.6 for the palm and heel pad. The data show strong positive correlation between SC 
hydration and kskin and ρskincp,skin. The ratio αskin exhibits a positive, but weaker, correlation with 
SC hydration. The data also indicate a strong negative correlation between SC/EP thickness and 
all three thermal properties (kskin, ρskincp,skin and αskin). The EP thickness correlates with the SC 
thickness.  SC is a significant fraction of the EP, especially in palmar regions, i.e. palm and heel 
pad. The SC thickness and SC hydration of the palmar regions show negative correlation. The 
strength of correlation depends strongly on body location (Figs. 3.5 and 3.6, and Supplementary 
Table B.1). 
Principal component analysis (PCA), as a global multivariate approach of correlation analysis, 
appears in Figure 3.7 and Supplementary Figure B.8. PCA offers a graphical representation of both 
individuals and descriptors, with an ability to reveal hidden patterns in the data. The eigenvalues 
show that the first PCA axis explains 71% of the variance. The second and third components 
correspond to 20% and 7%, respectively. Hence, three components explain 97% of the inertia. In 
the biplot representation, the data, by location, are represented using scores coordinates, where the 
scores are the Principal Components (PCs). The first PC mainly separates observations of the heel 
from the other body areas (Fig. 3.7 and Supplementary Fig. B.8A). Discrimination also occurs, to 
a lesser extent, between the cheek and a group composed of palm, v-forearm, d-forearm and wrist 
(Supplementary Fig. B.8A). The second PC discriminates the arm and wrist location from the 
others (Supplementary Fig. B.8B). The third PC differentiates the palm (Supplementary Fig. 
B.8C). Based on the PCs, four distinct clusters occur within the data set: heel, cheek, palm, and 
wrist/v-forearm/d-forearm indicating four distinct locations with different physical properties. 
Descriptors close together on the biplot are highly correlated and conversely descriptors opposed 
are highly anti-correlated. On the biplot, SC hydration, thermal conductivity and volumetric heat 
capacity form one group and EP thickness and SC thickness for another with the two groups 
opposed on the first axis. This conveys the strong positive correlation of descriptors from the same 
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group and conversely the negative correlation of descriptors from different groups. Interestingly, 
the thermal diffusivity is more linked to the second axis, and therefore quite independent to the 
other descriptors. This is consistent with previous remarks based on Pearson correlation 
coefficients. 
In addition to intrinsic properties of the skin itself, a second mode for characterizing thermal 
transport allows investigation of directional anisotropies and other effects related, for example, to 
blood flow near surface arteries and veins.  Here, application of electrical power (8 mW / mm2 for 
60 s) to a selected element (highlighted by the red box in Fig. 3.2B (optical image) and Fig. 3.8A 
(data)) introduces a controlled level of heating while the temperature of this element and all others 
in the array are simultaneously recorded as a function of time. Processing the data with an adjacent-
averaging filter (window size = 8 s), and subtracting the response of the sensor furthest from the 
actuator (Element 16) from that of each of the other sensors in the array minimizes effects of 
fluctuations in the ambient temperature. Here, the actuator can be approximated as a point source 
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(3.3)  
where 𝑇∞ is the temperature before heating, Q is the heating power, kskin is the thermal conductivity 
of the skin, ρskincp,skin is the volumetric heat capacity of skin, t is time, and erfc is the complementary 
error function. A1 is a parameter that accounts for details associated with the multilayered geometry 
of the device; its value is calibrated through measurements of materials with known thermal 
properties similar to those of the skin (water, ethylene glycol and polydimethylsiloxane). r(t) 
represents the effective distance of the sensor from the heating element and takes the form of a 
time dependent function that accounts for the finite spatial area of the sensing element 
(Supplemental Note B.1.6). kskin and αskin can be determined in a iterative process similar to that 
used in equation (3.1) The treatment of r causes a maximum relative error of <2% in the 
determination of kskin and αskin compared to those values determined by integrating equation (3.3) 
over its area at each time point (Supplemental Note B.1.6). Representative results for different 
sensors appear in Figure 3.8B. Finite element modeling (FEM) of the full device construct on a 
bilayer model of the skin yields temperature profiles (Fig. 3.8C) that closely match those observed 
in experiment. This measurement configuration provides additional information beyond that 
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determined in equation (3.1) in the form of anisotropy in heat transport, at the expense of precision 
in the determination of thermal properties. Figure 3.8 is an example of a skin area where the heat 
transport is strongly isotropic, while Figure 3.9, illustrates the spatial changes in thermal transport 
on an area of skin with a significant anisotropic component to heat transport. Convective effects 
associated with blood that flows through vessels near the skin surface can induce in-plane, 
directional anisotropies in heat transport characteristics. Figure 3.9 illustrates the effect when a 
device mounted on the volar aspect of the wrist includes a thermal actuator located over a near 
surface vein. The spatiotemporal temperature map in Figure 3.9A shows a significantly larger 
increase in temperature at the sensor located downstream (more proximal to the body, labeled E11) 
from the actuator, compared the one upstream (more distal to the body, labeled E3), relative to the 
direction of blood flow. Figure 3.9B highlights one method to quantitatively assess the anisotropy 
in thermal flow. Here, the response of sensor E3 is subtracted from that of sensor E11 (sensors E3 
and E11 are equidistant from the heating element, arranged on opposing sides of the heater) for 
the case on the wrist, which shows strong anisotropy due to blood flow, and for the case of isotropic 
data from a representative case on the cheek. The degree of anisotropic transport varies in strength 
over the twenty-five subjects due to differences in the locations and sizes of blood vessels and their 
associated flow properties. Such measurement capabilities have relevance in the determination of 
cardiovascular health, through inferred measurements of blood flow, both naturally and in 
response to stimuli such as temporary occlusion. 
In summary, the work reported here reveals intrinsic thermal transport properties of the skin, 
including relationships to vascularization, blood flow, stratum corneum thickness and hydration 
level, made possible by expanded capabilities in soft ultrathin, non-invasive measurement systems 
that offer clear advantages compared to traditional approaches. As a demonstration of the new, in 
vivo measurement capabilities enabled by the device presented here, a clear relationship between 
skin hydration and in vivo thermal transport properties is shown across six body locations on 
twenty-five subjects. The data also reveal that the in vivo thermal transport properties of skin are 
not uniquely a function of hydration, but are also influenced by the structural makeup of the skin, 
as well as local blood flow characteristics. Obtaining similar data with alternative measurement 
techniques would require either expensive and complex optical thermography and laser heating 
systems, or bulky single-point probes that can have undesired effects on the skin properties of 
interest due the pressure that must be applied to skin when measured in vivo. The device and data 
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presented here provide a foundational step for a new approach to the measurement of in vivo skin 
thermal properties, as well as new statistical data about the correlations between skin thermal 
transport properties, and skin hydration and structural makeup. Immediate further opportunities 
include use in studies of dermatological diseases, such as melanoma, rosacea and 
hyperpigmentation and their progression over time. The same techniques also offer ability to 
examine the effectiveness of dermatologically active compounds. Developments in wireless 
technology will provide a path to continuous monitoring of skin properties and function using 
these concepts 
3.3      Materials and Methods 
Fabrication of Epidermal Thermal Sensing Array 
Fabrication begins with a 3” Si wafer coated with a 200 nm layer of poly(methyl methacrylate), 
followed by 1 µm of polyimide. Photolithographic patterning of a bilayer of Cr (6 nm)/Au (75 nm) 
deposited by electron beam evaporation defines the sensing/heating elements. A second multilayer 
of Ti (10 nm)/Cu (500 nm)/Ti (10 nm)/Au (25 nm), lithographically patterned, forms the 
connections to sensing/heating elements and non-oxidizing bonding locations for external 
electrical connection. A second layer of polyimide (1 µm) places the sensing/heating elements in 
the neutral mechanical plane and provides electrical insulation and mechanical strain isolation. 
Reactive ion etching of the polyimide defines the mesh layout of the array and exposes the bonding 
locations. A water-soluble tape (3M, USA) enables removal of the mesh layout from the Si wafer, 
to expose its back surface for deposition of Ti (3 nm)/SiO2 (30 nm) by electron beam evaporation. 
Transfer to a thin silicone layer (5 µm; Ecoflex, Smooth-On, USA) spin-cast onto a glass slide, 
surface treated to reduce adhesion of the silicone, results in the formation of strong bonds due to 
condensation reactions between exposed hydroxyl groups on and the SiO2 and silicone. Immersion 
in warm water allows removal of the tape. A thin (100 µm), flexible, conductive cable bonded with 
heat and pressure to contacting pads at the periphery serves as a connection to external electronics. 
A final layer of silicone (70 µm) in combination with a frame of medical tape (3M, USA) provides 
sufficient mechanical support to allow repeated (hundreds of times) use of a single device. 
Data Acquisition for Epidermal Thermal Sensing Array 
The epidermal thermal sensing array is connected to external data acquisition electronics via a thin 
(100 μm) silver ink/polymer composite cable (HST-9805-210; Elform, USA). Resistance and 
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voltage values across sensor/actuator elements are recorded by a USB-powered digital multimeter 
(USB-4065; National Instruments, USA). In order to heat elements, controlled current is supplied 
by a DC current source (6220 DC Current Source; Keithley, USA). The temperature during heating 
is monitored by recording the voltage across the heating element while receiving constant current 
input. The sensors are time-multiplexed via a USB-powered multiplexing circuit (U802; 
Ledgestone Technologies, USA).  
Experiments on Human Subjects 
The volunteers consisted of healthy females, age between 18 and 45 years old, with healthy, intact 
skin of type II - IV according to the Fitzpatrick classification, recruited by Stephens & Associates, 
TX, USA. Approval by Stephens & Associates IRB: Protocol No. C14-D100 (ACR/TEMP/1416). 
Subjects provided written consent. The six investigational areas included the cheek, volar forearm, 
dorsal forearm, volar wrist, palm, and heel. Each subject acclimated to room temperture for 15 min 
immediately prior to measurement. The investigational areas were then gently cleaned with 
isopropyl alcohol, water, and dried with a swab to avoid skin irritation. Pictures were taken before 
and after the experimental procedures. SC hydration measurements used a 3 Cutometer® MPA 
580 (Courage + Khazaka Electronics GmbH).  Skin temperature was evaluated using a handheld 
IR thermometer (DermaTemp, Exergen Co., USA). Calibration of the experimental measurement 
system introduced here occurred at a single temperature point (room temperature).  Evaluations 
involved lamination of the device onto the investigational area, collection of relevant data, 
followed by removal.  Three additional corneometer readings were then collected, followed by 
measurements by optical coherence thomograpy (VivoSight,Michelson Diagnostics, UK). The 
individual pictured in Figure 3.1 has given written informed consent (as outlined in the PLOS 
consent form) to publish these case details. 
Statistical Analyses 
Box plot representations (SAS statistical software release 9.3, SAS Institute Inc., Cary, NC, USA) 
illustrate variables and trends by body location. The pairwise Pearson correlation coefficients were 
displayed as tables, scatterplot matrices, or heat map representations using JMP statistical software 
release 10.0 (JMP is a trademark of SAS Institute). Principal Component Analysis serve as a global 
multivariate approach with a biplot representation of individuals and descriptors (SIMCA 
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3.5      Figures 
 
Figure 3.1: Ultrathin, conformal device for evaluating thermal transport characteristics and 
validation on human skin. (A) Photograph of a device laminated onto a subject’s cheek. (B) 
Magnified view showing the location of the heater (red), a sensing element 3.5 mm away from the 
heater (blue), 4.7 mm away (black), and 5.8 mm away (green). (C) Magnified view during 
deformation. (D) Optical coherence tomography image of a region of a human palm before and 




Figure 3.2: Thermal flow associated with low level transient heating on the surface of the 
skin. (A) Infrared image during heating at a single thermal actuator in an array device on the skin. 
(B) Finite element modelling results for the distribution of temperature during rapid, low level 
heating at an isolated actuator on the skin, after 1.2 s of heating at a power of 3.7 mW mm-2. (C) 
Spatial map of the rise in temperature due to transient heating sequentially in each element in the 
array.  The solid black lines are experimental data; the red dashed lines are best fit calculations. 
The strong rise shown in upper leftmost element results from local delamination of the device from 
the skin. (D) Experimental data (solid lines) and best fit calculations (dashed lines) for the cheek 





Figure 3.3: Clinical data distributions. Boxplot representation of the data (open circles). The 
mean is represented by a black diamond shape. The top and the bottom line of the box are the first 
and third quartiles, and the middle line of the box is the second quartile – the median. The lower 
(upper) whisker represents the minimum (maximum) observation above (below) the 1.5 Inter 
Quartile Range (IQR) below (above) the lower (upper) quartile. Data distributions for the (A) 
stratum corneum thickness (SC-thick), (B) stratum corneum hydration (SC-h), (C) epidermis 
thickness (EP-thick), (D) thermal conductivity (k), (E) volumetric heat capacity (ρcp), and (F) 




Figure 3.4: Clinical data correlation analysis. (A) Scatterplot matrix representation for the entire 
data set (all 6 body locations: cheek, volar and dorsal forearm, wrist, palm, and heel on 25 total 
subjects). Pairwise correlation analyses include the thermal characteristics (k, W m-1 °C-1; ρcp, J 
cm-3 °C-1; α, mm2 s-1) and stratum corneum thickness (SC-thick, μm), epidermal thickness (EP-
thick, μm), and stratum corneum hydration (SC-h, arbitrary units). Data for different body areas 
are represented by different colors. The red line represents the pairwise linear regression slope. 
The pink shaded clouds represent the 95% bivariate normal density ellipse. Assuming the variables 
are bivariate normally distributed, this ellipse encloses approximately 95% of the points. (B) The 
bivariate correlations for the entire data set are represented using a color coding (HeatMap) scheme 
associated with a clustering of the descriptors. Dark red is associated with Pearson Correlation 
Coefficient, R, equal to 1 and dark blue is associated to R = -1. The Pearson correlation coefficients 




Figure 3.5: Clinical data correlation analysis for regions without significant stratum 
corneum thickness. The same correlation analysis as in Figure 3.6 for the (A) cheek, (B) dorsal 




Figure 3.6: Clinical data correlation analysis for regions with significant stratum corneum 




Figure 3.7: Principal Component Analysis. Global, multivariate correlation analysis. On the 





Figure 3.8: Spatial mapping of thermal transport associated with low level heating on the 
surface of the skin. (A) Spatial map of the changes in temperature at each sensor (i.e. element) in 
the array. The data processing uses an adjacent-average filter (window size = 8 s) and 
normalization to Element 16. The red highlight and colored boxes represent the elements boxed in 
the same colors in Figure 3.1B. (B) Change in temperature at elements 3.5 mm away (blue), 4.7 
mm away (black) and 5.8 mm away (red) from  element responsible for thermal actuation. The 
solid and dashed lines represent experimental data and best fit calculations, with k ~ 0.35-0.43 W 
m-1 K-1 and α ~ 0.12-0.15 mm2 s-1. (C) Results of finite element modelling of an array on a cheek, 




Figure 3.9: Anisotropic convective effects associated with near surface blood flow. (A) Spatial 
map of changes in temperature at each element for a device located at the volar aspect of the wrist. 
The position of the thermal actuator coincides with a large vein. (B) Difference in temperature 
between element 11 (E11) and element 3 (E3).  The results show effects of anisotropic heat flow 
in the wrist, compared to isotropic distributions typically observed on a region of the body such as 






EPIDERMAL DEVICES FOR NON-INVASIVE, PRECISE AND CONTINUOUS 
MAPPING OF MACROVASCULAR AND MICROVASCULAR BLOOD FLOW 
At the time of writing this thesis, this chapter has been submitted for publication and is 
currently under peer review as “Epidermal devices for non-invasive, precise and continuous 
mapping of macrovascular and microvascular blood flow,” by R. C. Webb†, Y. Ma†, S. Krishnan, 
Y. Li, S. Yoon, X. Guo, X. Feng, Y. Shi, M. Seidel, N. H. Cho, J. Kurniawan, J. Ahad, N. Sheth, 
J. Kim, J. G. Taylor VI, T. Darlington, K. Chang, W. Huang, J. Ayers, A. Gruebele, R. M. Pielak, 
M. J. Slepian, Y. Huang, A. M. Gorbach, and J. A. Rogers. Reproduced with permission from the 
publisher. The analytical and finite element derivations presented in this chapter are outcomes of 
close collaborations and joint work with theorists.  
4.1      Introduction 
Measurements of blood flow are a vital, often critical, indicator of both vascular and tissue 
health(1). Vascular endothelial dysfunction may occur as a component or consequence of 
atherosclerosis(2), diabetes, renal dysfunction, collagen-vascular disease, aging, tobacco smoking 
and other pathologies, including those associated with inflammatory states(3). Therefore, 
considerable interest exists in the development and refinement of tools with capabilities for 
reliable, non-invasive monitoring of blood flow across various parts the body under differing 
conditions(4). In particular, systems are needed that are capable of measuring tissue-associated 
flow, encompassing all vascular elements – i.e. arterial, capillary and venous components. Existing 
techniques may be categorized according to their underlying measurement physics principles 
including: mechanical (plethysmography), optical (photoplethysmography, laser Doppler 
flowmetry (LDF) and laser speckle contrast imaging (LSCI)), acoustic (ultrasound) and thermal 
(various forms of thermal clearance). Plethysmography relies on the measurement of bulk changes 
in limb dimensions caused by changes in blood volume, thereby only providing an estimate of 
flow to the entire limb. Measurements typically involve strain gauges wrapped around the limb to 
quantify dimensional changes(5, 6), or, in the case of photoplethysmography, optical illumination 
to identify changes in optical absorption, both of which follow from changes in blood volume(7). 
Ultrasound techniques rely on acoustic Doppler shifts (8, 9). Similar Doppler shifts in optical 
signals form the basis for laser LDF measurements(10-12). Related optical phenomena, where 
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blood flow induces spatiotemporal variations in reflected speckle patterns associated with a 
coherent light source, form the basis of modern LSCI techniques(13-15).  
Acoustic and optical methods are especially useful due to their robustness as to spatio-temporal 
mapping. Extreme sensitivity to motion, however, demands immobilization of the subject during 
the measurement, thereby limiting use to controlled, clinical or laboratory settings. Paste-on, single 
point sensors have some potential to reduce the effects of movement, but likely not to levels that 
would allow use during normal body motions. Wearable optical measurement systems are 
becoming available(16-19), but present hardware involves rigid, bulky device components that are 
affixed to the skin in ways that can lead to irritation and discomfort after prolonged application, as 
well as generate pressure in the microcirculatory bed leading to erroneous readings. 
Techniques based on thermal transport offer reduced sensitivity to motion. Existing non-
invasive approaches exploit metal heating and sensing plates applied to the skin. Here, blood flow 
in the tissue(20, 21) influences the time and/or spatial dependence of the thermal response, which 
provides a means to determine spatial variations in effective thermal conductivity(22, 23) and, 
therefore, regional perfusion. Limitations of previous techniques follow from the use of bulky 
thermal components and pressure-induced coupling to the skin, resulting in an inability to (1) 
perform spatial mapping, (2) track subtle or rapid temporal changes, and (3) assess natural, 
unaltered patterns of blood flow. The use of laser heating and infrared mapping of thermal 
distributions in subsurface vessels(24) avoids these disadvantages, but re-introduces high 
sensitivity to motion.  
Here we present strategies for exploiting electronic devices that adopt physical and topographic 
characteristics of the epidermis, to allow precision thermal measurements of blood flow in ways 
that offer considerable advantages over existing methods. When combined with thermal analysis 
techniques, these platforms provide routes for quantitative monitoring of both the speed and 
direction of near surface blood flow, up to 1.5 mm in depth, without the aforementioned limitations 
and constraints associated with contact, movement and pressure, with potential for continuous use 
during daily activities. These capabilities follow from ultrathin, flexible, stretchable mechanics of 
the device components, in which precision thermal detectors conform intimately to the surface of 
the skin through the action of van der Waals forces alone, without any externally applied pressure. 
The combination of intimate skin contact and extremely low mass (0.2 – 5 mg cm-2, for 0 – 40 µm 
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silicone support thickness) eliminates relative movement between the skin surface and detectors 
even during rapid motions of the body. The low thermal mass (0.2 - 5.7 mJ cm-2 K-1) and high gas 
permeability (2 g h-1 m-2 for solid silicone support, with options for porous/perforated versions for 
higher permeability(25)) of these systems minimizes perturbation to the natural temperature of 
skin. Measurements involving human subject volunteers, with quantitative comparisons to state-
of-the-art commercial optical blood flow measurement systems, demonstrate the ability to map 
directional blood flow in large subsurface vessels – i.e. veins, under varied physiological 
conditions. Quantitative analytical and finite element models provide a systematic framework for 
converting measured data to blood flow rates. Additional measurements demonstrate capacities 
for monitoring changes in flow through near surface microvasculature – i.e. arteriolar and capillary 
bed, induced by deep breathing and slap-mediated hyperemia associated with dermatographic 
urticaria. An advanced, pulsed operation mode offers potential long-term monitoring via 
elimination of key sources of drift in the measurement and reduction of the power consumption. 
4.2      Results and Discussion 
Device design and operational principles 
The device incorporates an array of thin (100 nm) metallic thermal actuators and sensors 
designed for monitoring blood flow beneath a targeted area (~1 cm2 for results presented here) of 
the skin (Fig. 4.1A; See Supplementary Notes C.1 for fabrication details). The array includes a 
single circular thermal actuator (1.5 mm radius composed of a 15 um wide filament of 10/100 nm 
Cr/Au) surrounded by two rings of sensors (0.5 mm radius composed of a 10 um wide filament of 
10/100 nm Cr/Au). The first and second rings lie at a 3 mm and 5 mm center-to-center distance 
from the central actuator, respectively. Each ring contains 7 sensors, spaced at 45° angular 
increments around the ring (one 45° location is vacant to allow for interconnect wiring). The 
construction uses narrow, filamentary serpentine traces and thin, low modulus silicon substrates, 
using concepts in ultrathin, stretchable electronic sensor design(26-33), to yield a device platform 
that naturally conforms to the surface of the skin (Fig. 4.1B) for the type of intimate thermal contact 
that is critical to the measurements. The sensors rely on temperature dependent values of their 
resistance according to previously reported results, and offer measurement precision in the range 
of ~0.01°C with a 2 Hz sampling rate. 
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Subsurface blood flow leads to anisotropic thermal transport phenomena that can be accurately 
quantified using this type of system. The central thermal actuator provides a constant source of 
thermal power to create a mild, well-controlled increase in temperature at the surface of the skin 
in the vicinity of a targeted vessel (Fig. 4.1C). Responses of the sensors determine the spatio-
temporal distributions of temperature that result from this heating. The actuator dimensions and 
operating parameters (typically ~3.5 mW mm-2) ensure adequate thermal signals in the 
surrounding sensors, with peak temperatures (~6 °C) that remain below the threshold for sensation. 
For all cases reported here, the responses depend linearly on power for peak temperatures below 
~10 °C. (For effects at higher temperatures, see Fig. C.1(A and B)). Representative data, in the 
form of spatially dependent changes in temperature as a function of time, appear in Figure 4.1D. 
Figure 4.1(E and F) summarize color-mapped data interpolations at an instance in time, with and 
without the actuator signal. The directionality of the local thermal flow can be inferred from 
differences in the relative increases in temperature at sensors located on opposing sides of the 
actuator. Such flow field maps indicate relative changes in local flow as well as the directionality 
components of flow relative to the skin surface (Fig. 4.1, G-I). Similar data, but with the device 
placed in a region with no large blood vessels, appear in Figure C.2.  
Device analysis and modeling 
Conversion of the data into quantitative blood flow rates depends on the heterogeneous and 
time dynamic properties of the tissue. Variables that influence the signals, in addition to blood 
flow rate and direction, include thermal conductivity (λ), heat capacity (c), density (ρ) of blood 
(subscript f) and local tissue (subscript s), blood vessel depth (h in Fig. 4.2B), blood vessel radius 
(R in Fig. 4.2B) and geometrical parameters of the device (L = 3.5 mm, B = 1.5 mm in Fig. 4.2A). 
In general, the thermal properties of blood (λf = 0.5 W m
-1 K-1, cf = 3659 J kg
-1 K-1, ρf = 1069 kg 
m-3) are well established(34, 35) and assumed to be known a priori. The tissue properties and 
blood vessel parameters are unknowns, with values that fall within established physiological 
ranges(34). Our analysis combines systematic experimental measurement steps, an analytical 
scaling law and finite element analysis (FEA). Figure 4.2 illustrates these steps, along with a 
representation of the blood vessel under the skin used in modeling (top-down and cross-section 
view of the model system appear in Fig. 4.2(A and B, respectively)). In the first step, a short (2 s) 
input of power (7-8 mW mm-2) is applied to each sensor in the device sequentially (Fig. 4.2C), as 
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a means to probe the local tissue properties. Analysis of the time dynamics of the temperature rise 
at each sensor determines the thermal characteristics of the corresponding regions of the skin 
(thermal diffusivity λs/ρscs= 0.17 mm
2 s-1, and thermal conductivity λs = 0.3 W m
-1 k-1 for the case 
in Fig. 4.2C) following procedures reported elsewhere(36). The results represent important 
information for the thermal models. The second step involves activating the central thermal 
actuator, while simultaneously recording the temperature of this element and those of the 
surrounding sensors. Analysis establishes the following transient scaling law, as verified by FEA 
and in vitro experiments (Figs. C.3 and C.4, see Materials and Methods for details)  
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where ΔT is the difference between the temperatures of a pair of sensors on opposing sides of 
the actuator and which lie along the direction of the targeted vessel; ΔTsteady is the final steady-state 
value of ΔT. A venous optical imager (VeinViewer Flex, Christie Medical, USA) is useful, during 
in vivo experiments, for venous mapping of the human forearm (volar aspect, Fig. C.5) to assist in 
accurate placement of the device on the vein. The temperature ΔT normalized by its steady-state 
value ΔTsteady is independent of the radius of the blood vessel R and the blood flow velocity ν (Figs. 
C.3 and C.4); and its dependence on the normalized material properties λs/λf and ρfcf/ρscs and 
actuator radius B/L on the transient scaling law appears in Fig. C.6. The only unknown parameter 
is the depth h. As a result, a comparison of experimental results of ΔT/ΔTsteady versus time, t, to 
FEA results that employ different vessel depths, using the tissue thermal properties measured in 
the first step, can yield accurate estimates for h. For the case of Fig. 4.2D, h = 1.25 mm. In the 
third step, the steady-state temperature difference ΔTsteady between the sensors on opposing sides 
of the actuator normalized by the temperature at the actuator ΔTactuator depends on the blood flow 
velocity along the direction defined by the sensors. Here, the following steady-state scaling law 
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Its dependence on the normalized thermal conductivity λs/λf, depth of blood vessel h/L, and 
sensor spacing B/L appears in Fig. C.8. The impact of R is relatively small, such that an 
approximate value based on the vessel location can be used. As an example, the steady-state 
scaling law for R = 0.95 mm and 1.65 mm appear in Figure 4.2E. These values of R bound the 
expected range for the median antebrachial vein segment near the wrist (R = 1.3 mm ± 0.35 mm 
(37)), which is used in several experiments described subsequently. The two computed curves have 
similar shapes, but with slightly shifted values. The value of ΔTsteady begins at ν = 0 by increasing 
with increasing ν (dΔTsteady/dν > 0), peaks at a relatively low flow rate, and then begins to decline 
(dΔTsteady/dν < 0) as convective cooling of the downstream sensor begins to dominate. We refer to 
the two sections of the curve as the ‘low flow regime’ where dΔTsteady/dν > 0 and the ‘high flow 
regime’ where dΔTsteady/dν < 0 (Fig. 4.2E). In the high flow regime (corresponding to most 
physiologically relevant blood flow velocities, Fig. 4.2F), R/L has a minor impact on the values of 
the curve, such that the steady-state scaling law is simplified as  
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(4.3)  
The only unknown in Equation 4.3 is the ratio ν/R. As a result, a comparison of ΔTsteady/ΔTactuator 
from experiment with a numerical fit of the steady-state scaling law obtained by FEA (Fig. 4.2F 
shows fits for R = 0.95 mm and R = 1.65 mm), gives this ratio ν/R. 
The value of ΔTsteady does not, of course, include changes that arise from variations in the blood 
flow velocity. Experimentally, the sensors respond to an instantaneous change in flow rate with a 
time constant of ~10 s (Fig. C.9), depending on the tissue properties. The result is that changes in 
flow that have frequencies <0.1 Hz can be readily measured. This includes flow changes related 
to myogenic activity of vascular smooth muscle (0.1 Hz), neurogenic activity of the vessel wall 
(0.04 Hz) and vascular endothelium influences (0.01 Hz)(38). The dimensionless flow parameter 
alone allows for assessment of relative changes in blood flow. Analyses of potential sources of 
noise and other potential sources of uncertainty appear in Figures C.10 and S11. The results 
confirm that the measured values of ΔTsteady/ΔTactuator used in the analysis are typically >10x 
stronger than experimentally measured electronic and/or environmental noise, and >5x stronger 
than signals recorded on skin locations without large vessels. In the following examples, the 
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analysis procedures outlined here provide local values of thermal conductivity and diffusivity, 
vessel depth, and changes in blood flow. 
Measurements of macrovascular flow 
Various in vivo experiments demonstrate the utility of these approaches. The first example 
illustrates the capture of time varying thermal flow maps that result from changes in blood flow 
that follow from local occlusion of a near surface vessel (Fig. 4.3, A-C). Here, the device resides 
on the volar aspect of the wrist (male, age 27) with the thermal actuator centered above a near 
surface vessel. Power applied for five minutes to the actuator establishes a baseline level of heating 
to reach a steady-state response. The experiment involves application of local occlusive pressure 
(approximately 25 kPa over a 0.2 cm2 area), using a cotton tipped applicator (56810 Solon, USA) 
with 15 cm wood shaft to a series of locations around the outside perimeter of the device. 
Specifically, pressure is applied first along the vein (second panel in Fig. 4.3A) for sixty seconds, 
and then released for sixty seconds. Sequential application of the same pressure cycle (sixty 
seconds pressure, sixty seconds release), at locations shifted 45° relative to the thermal actuator 
until returning to the initial position, completes the experiment. Data show that the device records 
minimal blood flow when occlusive pressure is applied directly to the vein, and strong blood flow 
at all other times. The flow vector fields (vector maps in Fig. 4.3C) record the flow direction as 
moving towards the body, as expected for venous flow and confirmed by the VeinViewer (Fig. 
C.5). Control experiments (Fig. 4.3, D-F) conducted on areas of the skin without large vessels 
indicate negligible effects of applied pressure, as expected. Laser Speckle Contrast Imaging 
(LSCI) performed under similar conditions yields inconclusive data due to uncontrolled variations 
associated with distortions of the skin and associated motion artifacts. The device platform 
reported here does not suffer from such effects. A movie of the data collected by our device and 
the LSCI tool captures the results of the entire experiment (Movie C.1).  
The experiment summarized in Figure 4.3 represents one of a range of applications that involve 
abrupt alteration in blood flow by external forces. Another demonstration illustrates the 
quantitative analysis routine outlined previously. Here, device function during extended periods, 
without external stimuli, can reveal natural fluctuations in near-surface blood flow (vasomotion). 
As before, the device resides on the volar aspect of the wrist (male, age 27), with the thermal 
actuator centered over a visible vein. Measurements occur continuously as the subject lies still in 
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a dark, quiet room for 45 min. LSCI data is recorded through the transparent regions between the 
metal traces of the device. Thirty seconds of baseline temperature recording is followed by power 
application to the thermal actuator at t = 30 s. Power is deactivated at t = 2430 s to allow another 
set of baseline temperature recording for the final five minutes. The tissue thermal conductivity 
and diffusivity are 0.32 W m-1 K-1 +/- 0.03 W m-1 K-1 and 0.17 mm2 s-1 +/- 0.02 mm2 s-1, 
respectively, according to the method of Figure 4.2C. The depth of vessel is 1.3 mm +/- 0.2 mm, 
according to the method of Figure 4.2D. Comparison of the LSCI data with the dimensionless flow 
calculated from our device shows good agreement, highlighted by the good alignment of peaks 
and troughs in the flow signal (Fig. 4.4(A and B); full data video shown in Movie C.2). Motion 
artifacts that cannot be completely removed with frame alignment algorithms typically lead to 
sharp peaks in the LSCI signal. Additionally, we note that neither LSCI nor LDF measurements 
through the skin provide a direct measurement of blood flow in a subsurface vein, due to the strong 
influence of signals in the tissue above the vein. However, we find that for near surface veins on 
the wrist, the agreement is significant (subsequent experiments, discussed in the following 
paragraph, illustrate an inability of LSCI to capture signals in deeper veins, which are captured by 
our device). A comparison of the cross-correlation of the device and LSCI data, compared to the 
auto-correlation of the LSCI data, as well as the coherence between the two datasets, quantifies 
the statistical agreement (Fig. C.12). Frequency-time spectrograms of the data show similar levels 
of agreement in terms of the alignment of frequency bands in time (Fig. 4.4, C and D). Related 
experiments on different subjects and different veins on the wrist and hand yield results that also 
agree with those of LDF tools (Blood FlowMeter, ADInstruments, USA) (Figs. C.13 and C.14). 
Another demonstration involving external forces applied to the entire forearm reveals 
enhanced variations in the signals, without motion, for comparison to optical tools. Here, we 
monitor changes in blood flow during a reactive hyperemic response induced by occlusion and 
reperfusion of the forearm. The device again resides on the volar aspect of the left wrist (male, age 
27) with the thermal actuator centered over a subcutaneous surface vein. As before, a LSCI tool 
simultaneously records data through optically semi-transparent regions of the device and around 
it. The procedure appears in the Materials and Methods, and the results appear in Figure 4.5(A-I). 
We calculate the tissue thermal conductivity and diffusivity to be 0.33 W m-1 K-1 +/- 0.03 W m-1 
K-1 and 0.17 mm2 s-1 +/- 0.02 mm2 s-1, respectively. The depth of vessel is 1.3 mm +/- 0.2 mm. 
These values are consistent with those for the experiments of Fig. 4.4, as expected. The LSCI data, 
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taken from above the vein and thermal signals recorded from the device, using the thermal signals 
on opposed sides of the actuator outlined previously, show good agreement throughout the course 
of the study (Fig. 4.5A). This experiment does, however, reveal a limitation of the quantitative 
analysis routine. At the time of reperfusion, blood flow rapidly transitions from the low flow to 
the high flow regime (Fig. C.15A), which changes and reverses the slope of the relationship 
between the thermal signal and blood flow (Fig. C.15B). As a result, quantitative conversion 
during this period immediately following reperfusion results in a spurious depression in calculated 
flow (Fig. C.15B). This particular set of circumstances is, however, unlikely to occur without rapid 
changes in flow due to external perturbation. A comparison of the cross-correlation of our thermal 
device data with the LSCI data, compared to the auto-correlation of the LSCI data, as well the 
coherence between datasets, shows excellent statistical consistency (Fig. C.16). A comparison of 
the frequency-time spectrograms of the data in Figure 4.5A exhibit similar levels of agreement, 
including the same step function artifacts (due to the step function in flow data input into the 
spectrogram) at the time of reperfusion (Fig. 4.5, B and C). Data from our device, at snapshots in 
time during peak flow (Fig. 4.5, D-F) and occluded flow (Fig. 4.5, G-I), demonstrate the strength 
and disappearance of the flow signal corresponding to unoccluded and occluded flow, respectively. 
A movie of the data collection with both our device and the LSCI tool captures the results of the 
entire experiment (Movie C.3). An additional experiment, following the same procedure as that 
described for Figure 4.5A, but on a different subject (male, age 23) with apparently deeper veins, 
appears in Figure 4.5J. Here, our device captures an extraordinary signal from the vein during 
occlusion (confirmed by infrared) that is almost entirely absent from the LSCI signal. A series of 
four strong pulses of flow occur during occlusion (possibly due to insufficient occlusion or 
shunting via collaterals), during the time 400 s < t < 600 s, as reflected by four prominent peaks in 
the signal (Fig. 4.5J). Close examination of simultaneously recorded infrared signals reveals four 
strong pulsations of the vein during the occlusion period. Individual frames illustrate pulsation 
(Fig. 4.5, K-M), and a video of the infrared recording more clearly reveals the effect (Movie C.4).  
Measurement of microvascular flow 
Applications to measurements of changes in microvascular flow, as opposed to the 
macrovascular applications discussed above, represent related but different areas of interest. For 
these studies microvascular is defined as those vessels – i.e. arterioles, capillaries and venules, 
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with diameters typically <200 µm(39, 40). The microvasculature may, or may not, have a 
significant anisotropic effect on thermal transport in the plane parallel to the skin surface (same 
plane as our device) because ~80% of human skin capillaries travel perpendicular to the skin 
surface. Experiments using our device indicate that the net anisotropy in the parallel plane is 
relatively small in regions that lack local large vessels. A device design with sensor sizes and 
density modified for arteriole scales, using the same principles as in this report, may potentially 
monitor more localized individual arteriole anisotropies. More generally, the extent of 
microvascular anisotropy may be both region and size-scale dependent, ultimately determined by 
the net lateral flow across the area of the device. Here, we focus on changes in the millimeter scale 
isotropic transport between the actuator and surrounding sensors. In one demonstration, local 
trauma – in the form of a “finger slap” - to the volar surface of the forearm (male, age 59), was 
utilized to induce dermatographic urticaria, resulting in vasodilation of the local microvasculature 
and tissue hyperemia (Fig. 4.6, A and E). A 500% - 700% increase in measured LDF perfusion 
units following the “finger slap” (Fig. C.17), measured within the slap area and 2 cm away from 
the thermal actuator, confirms the hyperemic effect. Local precision temperature measurements of 
the skin surface, using our device, before and after trauma (Fig. 4.6, B and F) reveal expected 
increases in temperature that result from local vasodilation. Isotropic flow will not induce any 
appreciable differential temperatures. As a result, the previous discussions on blood flow analysis 
for large vessels do not apply. Instead, changes in microvascular perfusion alter the rate of heat 
extraction from the actuator into the skin. This effect can be readily observed in the initial time 
dynamics and saturation temperature of the actuator. Measurements before and after the onset of 
vasodilation (Fig. 4.6, C and G) illustrate the effect. Following vasodilation, the actuator reaches 
a lower saturation temperature more rapidly, compared to moments before dilation, quantified as 
a 130% - 250% increase in measured thermal diffusivity and a 6% - 19% increase in measured 
thermal conductivity. Isotropic heat distributions both before and after vasodilation illustrate the 
distinct difference between the macrovascular and microvascular effects (Fig. 4.6, D and H). 
A separate experiment, with the device located on the fingertip (IR image, Fig. 4.6I; data, Fig. 
4.6J), illustrates continuous measurements of natural changes in microcirculation. Analysis of the 
temperature difference between the actuator and the inner ring of sensors (averaged) provides a 
measure of time dynamic changes in the heat transfer coefficient, as a result of changes in blood 
flow. In this case, several long, deep breaths can induce strong variations in peripheral circulation. 
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Cross correlation and coherence data show the excellent level of agreement between measurements 
using LSCI and our device (Fig. C.18). 
Pulsed operation modes 
Environmentally induced drifts in the device response and inefficiencies in power consumption 
represent important considerations for long-term continuous monitoring. A pulsed thermal 
actuation mode represents one simple strategy to address these issues. The ability to operate the 
actuator at a reduced duty cycle results in a reduction in power consumption. The benefits to long-
term drift are more subtle. In a continuous operation mode, information related to blood flow is 
extracted from the temperature differential of sensors on opposing sides of the actuator. For each 
sensor, the relevant temperature is not the absolute value, but the change relative to the baseline 
established after application of power to the actuator. In long-term measurements, local 
heterogeneous changes in skin temperature may occur for reasons unrelated to the anisotropic 
convective effects induced by the blood vessel. For example, a local, environmentally induced 
temperature change at the location of one, but not the opposing, sensor will affect the measurement 
of blood flow. A pulsed actuation mode effectively removes this type of drift error, by continuously 
adjusting the effective baseline for each temperature differential. Figure 4.7 illustrates the use of a 
pulsed actuation mode in a hyperemic response experiment, similar to the one described for Figure 
4.5. LSCI data from the experiment, measured through the transparent regions of the device as 
previously, show the periods of base flow, occlusion and reperfusion (Fig. 4.7B). The temperature 
of the thermal actuator (Fig. 4.7C), pulsing at a frequency of 0.067 Hz with a 33% duty cycle, 
illustrates the rapid rates of heating enabled by the ultrathin device design and its low thermal 
mass. The pulsing frequency is not limited by the actuator, but instead by the rate at which heat 
can transfer through the skin from the actuator to the sensors. The temperature differential of a pair 
of sensors on opposing sides of the actuator and along the vein (Fig. 4.7D) reveals a signal at 0.067 
Hz that is strong during the periods of flow (due to the anisotropy induced by flow) and weak 
during occlusion (due to the loss of anisotropy). Note that frequency and power applied to the 
heater remain fixed, such that changes in the differential signal cannot arise from changes in the 
heating. The frequency-time spectrogram (Fig. 4.7E) of the signal in Figure 4.7C, and the extracted 
amplitude at 0.067 Hz (Fig. 4.7D) illustrates the changes during occlusion. One disadvantage of 
pulsed actuation is that the time resolution of the extracted blood flow signal is lower than that 
70 
 
possible in the continuous operation mode. This limitation follows from the fact that each pulse 
must be sufficiently long to induce a measurable temperature change in the surrounding sensors, 
which reduces the effective maximum sampling rate to a value comparable to the pulse rate. 
Reducing the duration of the pulses leads to decreased signal amplitudes and corresponding 
reductions in measurement precision but with improved time resolution. In practice, pulse 
frequencies of 0.05 – 0.1 Hz generate reasonable signals at thermal actuation levels that remain 
below the threshold for sensation. A 33% duty cycle provides sufficient time between pulses for 
the actuator to return to the baseline temperature of the skin. A control experiment, in which 
application of local heating near individual sensors with a hot iron tip (~10 °C errors are induced 
in the sensor readings by proximity of the 65 °C iron tip) induces variability, for both the 
continuous actuation and pulsed actuation modes, results in an average of 5x reduction in error in 
measured flow for the pulsed mode compared to the continuous mode (Fig. C.19). 
The devices presented here provide a route to wearable, continuous, non-invasive 
measurements of local blood flow of the macro and microvasculature of the skin. These 
capabilities follow from materials and designs that eliminate relative motion between the 
actuator/detectors and blood, minimize effects of thermal loading on the skin, and avoid any 
external application of pressure during wear and measurement. Comparisons to established 
commercial optical tools, in immobilized settings, validate the accuracy of the measurement. This 
class of devices is amenable to low cost, high volume production using established 
microfabrication procedures, thereby suggesting a potential for widespread use, both in the clinic 
and in the home setting. Applications of interest include monitoring of near surface blood flow as 
indicators of vascular health, particularly in diseases with vascular-associated pathologies, as 
either primary or secondary components – i.e. artherosclerosis, sickle cell anemia, diabetes, 
chronic kidney disease and vasculitides, and more broadly as a tool for clinical research. This 
technology also has utility to continuous monitoring of local microcirculatory changes due to 
inflammation induced by trauma, environmental exposure – e.g. sun-burn, chilblains (pernio), and 
phenomena that involve local blood flow stasis, insufficiency, retrograde flow, and vasodilation 
or vasoconstriction; and long-term monitoring of chronic conditions that result in alterations of 
peripheral blood flow and tissue perfusion. Further, the flexible, stretchable format of this type of 
device also lends itself to straightforward use on internal organs, as an integrated element either 
with implantable devices, in vivo diagnostics, surgical tools or other therapeutics. 
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4.3      Materials and Methods 
Study Design 
This study was designed to test the feasibility of measuring blood flow signals through the 
skin, in a wearable non-invasive manner, with concepts that build off of recent technology 
advancements in stretchable, flexible electronics. As such, the experiments were selected to show 
proof-of-concept with several varied applications. Specific experimental procedures, detailed 
below, were designed following the development of the technology platform to show the concepts 
and feasibility of the device. No data points are excluded from device blood flow readings. All 
subjects were healthy volunteers. Human subjects were enrolled on an NIH research protocol 
approved by the Institutional Review Board of the National Heart, Lung and Blood Institute 
(clinicaltrials.gov identifier NCT01441141) and specific university-approved (University of 
Arizona) protocols for volunteers. Subjects provided written informed consent after the nature and 
possible consequences of the study were explained. 
Statistical Analysis 
All graphs that display data over time (for our device and for LSCI) have been subjected to a 
5 s adjacent averaging smoothing filter to improve the display of data. Where specific values of 
thermal conductivity and diffusivity are reported, they are reported as the mean +/- standard 
deviation of 12 individual sensor element measurements, where the lowest 2 and highest 2 values 
(from the array of 16 sensors) have been systematically excluded to account for potential local 
errors due to body hair. The spatial colormaps of temperature and flow fields are determined by a 
cubic interpolation of experimental data (MATLAB, MathWorks, USA). Statistical correlation 
graphs are enabled by a numerical time synchronization between epidermal device and LSCI data 
(MATLAB). 
Fabrication of the Epidermal Device  
Detailed fabrication steps appear in the Supplementary Notes C.1. Fabrication begins with a 
3” Si wafer coated with a 600 nm layer of poly(methyl methacrylate), followed by 1.5 μm of 
polyimide. Photolithographic patterning of a bilayer of Cr (6 nm)/Au (100 nm) deposited by 
electron beam evaporation defines the sensing/heating elements. A second multilayer of Ti (10 
nm)/Cu (550 nm)/Ti (20 nm)/Au (25 nm), lithographically patterned, forms the connections to 
sensing/heating elements and non-oxidizing bonding locations for external electrical connection. 
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A second layer of polyimide (1.5 μm) places the sensing/heating elements in the neutral 
mechanical plane and provides electrical insulation and mechanical strain isolation. Reactive ion 
etching of the polyimide defines the mesh layout of the array and exposes the bonding locations. 
A water-soluble tape (3M, USA) enables removal of the mesh layout from the Si wafer, to expose 
its back surface for deposition of Ti (3 nm)/SiO2 (30 nm) by electron beam evaporation. Transfer 
to a thin silicone layer (5 μm; Ecoflex, Smooth-On, USA) spin-cast onto a glass slide, surface 
treated to reduce adhesion of the silicone, results in the formation of strong bonds due to 
condensation reactions between exposed hydroxyl groups on and the SiO2 and silicone. Immersion 
in warm water allows removal of the tape. A thin (100 μm), flexible, conductive cable bonded with 
heat and pressure to contacting pads at the periphery serves as a connection to external electronics. 
A final layer of silicone (~40 μm) in combination with a frame of medical tape (3M, USA) provides 
sufficient mechanical support to allow repeated (hundreds of times) use of a single device.  
Data Acquisition for the Epidermal Device 
Data acquisition occurs via a custom built system of USB-interface control electronics (Fig. 
C.20A) integrated into a suitcase for mobility. The full system consists of one precision DC current 
source (6220, Keithley Instruments, USA), two 22-bit USB-powered Digital Multimeters (USB-
4065, National Instruments, USA), and two voltage isolation mechanical relay switching matrices 
(U802, Ledgestone Technologies, USA). The wiring diagram appears in Figure C.20B, where S10 
is the central thermal actuator and S1-S9,S11-S16 are the surrounding sensors. The surrounding 
sensor network shares a common ground path, while the thermal actuator (S10) is wired 
independently. The relays are controlled by a microcontroller that is integrated into the U802 
platform. This setup allows for three general modes of operation: 1) To map temperature, the 
resistance of each sensor element can be sampled sequentially by DMM1, via opening and closing 
of relevant relays. In this case, DMM1 provides a DC probe current of 0.1 mA and records the 
resistance. The relays are controlled so that DMM2 takes one resistance recording on one sensor, 
and then switches to the next sensors for one recording, etc. through the entire array. A DMM 
aperture time of 0.015 s and a settling time of 0.001 s results in ~2 Hz sampling rate, per sensor, 
with a resolution of ~0.01 K. 2) To rapidly sample the local thermal conductivity and thermal 
diffusivity of each sensor, as described in Fig. 4.2C, each sensor is supplied, sequentially, with 2 
mA current from the Keithley 6220, for 2 s each. The voltage from the Keithley 6220 is recorded 
by DMM2, which allows for calculation of the resistance change over time during actuation. The 
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relay setup allows for isolation from the DMM1 circuit, and sequential actuation of each element. 
An aperture time of 0.005 s and a settling time of 0.005 s provide an adequate sampling rate (100 
Hz) for analysis. 3) To map thermal transport over time, as done for blood flow measurements, the 
thermal actuator receives a continuous current input (2 mA) from the Keithley 6220. 
Simultaneously, the sensor resistances are sampled by DMM1, in the same fashion described for 
mode 1), but this time without sampling S10 (the central actuator). The actuator voltage is read by 
DMM2. The relay circuit allows isolation of the S10-Keithley-DMM2 circuit from the sensor 
array-DMM1 circuit.  
Mathematical Modeling 
The conservation of energy for the model system in Fig. 4.2(A and B) is 
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where λ = λf, ρ = ρf , c = cf for the fluid (blood), λ = λs, ρ = ρs and c = cs for the solid (tissue). 
This equation is solved numerically by FEA. The dimensional analysis, together with the boundary 
conditions, give the dependence of normalized temperature on the blood flow velocity v, radius R 
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Its steady-state value is the limit of time t approaching infinity, which leads to Equation 4.2. 
Figures C.3 and C.4 show that ΔT/ΔTsteady is approximately independent for vessel radius R and 
flow velocity ν in their physiological ranges, which then lead to Equation 4.1. 
Macrovascular Flow Tests 
Local venous occlusion with a cotton swab (Fig. 4.3) 
Fig. 4.3(A-C): A volunteer (male, age 27) reclined in a chair with his left forearm placed on 
an armrest. The epidermal device was placed on the volar aspect of the wrist, with the thermal 
actuator centered over a near-surface vein, as identified by visual inspection (location indicated in 
Fig. C.5). The infrared camera and laser speckle contrast imager were both positioned 31 cm from 
the epidermal device. The subject was instructed to relax, and device measurements began at t = 
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0. At t = 30 s, continuous application of 2 mA current to the thermal actuator began. At t = 330 s, 
gentle pressure was applied to the skin (above the vein, 1 cm distal to the epidermal thermal 
actuator; location shown in second panel of Fig. 4.3A) using a cotton swab held in the hand of an 
investigator. At t = 390 s, pressure was released. At t = 450 s, pressure was applied in the same 
way 1 cm from the actuator, but now at a location rotated 45° clockwise relative to the actuator. 
Pressure was released at t = 510 s. This process of 60 s pressure, 60 s no pressure was repeated a 
total of 8 times, with each location rotated at 45° clockwise relative to the previous location. One 
location, at 270° relative to the first location was skipped, and the final location was the same as 
the first location. Thermal actuator ended at t = 1290s. 
Fig. 4.3(D-F): The control experiment occurred in the same fashion, but with the device placed 
on an area of the volar forearm with no prominent visible veins (location indicated in Fig. C.5). 
Extended test of natural oscillations (Fig. 4.4) 
A volunteer (male, age 27) reclined in a chair with his left forearm placed on an armrest. The 
epidermal device, infrared camera and laser speckle contrast imager were positioned in the same 
fashion as for the previous local venous occlusion with a cotton swab. At t = 0, room lighting was 
turned off and the subject was instructed to relax. At t = 30 s, continuous application of 2 mA 
current to the thermal actuator began. Thermal actuation ended at t = 2430 s. 
Reactive hyperemia test (Fig. 4.5 and Fig. 4.7) 
Fig. 4.5(A-I): A volunteer (male, age 27) reclined in a chair with his left forearm placed on an 
armrest. The epidermal device, infrared camera and laser speckle contrast imager were positioned 
in the same fashion as for the previous local venous occlusion with a cotton swab. A pressure cuff 
was applied to the left bicep region. At t = 0, room lighting was turned off and the subject was 
instructed to relax. At t = 30 s, continuous application of 2 mA current to the thermal actuator 
began. At t = 330 s, 200 mmHg pressure is applied to the pressure cuff. The pressure is released 
from the cuff, beginning at t = 630 s, at a release rate of 4 mmHg/s. Recordings continued until t 
= 1200 s. 
Fig. 4.5(J-M): Same experiment with a different volunteer (male, age 23). The epidermal 
device was placed at a skin location identified as being over a vein on the volar forearm by an 
optical vein imager (VeinViewer Flex, Christie Medical Holdings Inc., USA). 
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Fig. 4.7: Same volunteer and procedure as that done for Fig. 4.5(A-I), except that occlusion 
begins at t = 400s, occlusion ends at t = 700s, and recordings end at t = 900 s. The actuator is 
pulsed with 2 mA of current at 0.067 Hz with a 33% duty cycle. 
Microvascular Flow Tests 
Slap-induced dermatographic urticaria and associated hyperemia (Fig. 4.6, A-H) 
A volunteer (male, age 59) sat in a chair with his left forearm resting on a table. The epidermal 
device was placed on an area of the volar aspect of the forearm without any local, visually 
prominent veins. At t = 0, temperature measurements began with the epidermal device. At t = 30 
s, continuous application of 2 mA current to the thermal actuator began. Thermal actuation ended 
at t = 330 s. Temperature recordings continued until t = 510 s. Following the first set of recordings, 
the volunteer used his right hand to apply trauma, in the form of a single, rapid finger slap to the 
measurement location on his left forearm. The device was applied to the same location, 
approximately 120 s following the slap, and the same epidermal device measurement procedure 
was conducted again. 
Microcirculation on the fingertip (Fig. 4.6, I and J) 
A volunteer (male, age 27) reclined in a chair with his left forearm placed in an armrest. The 
epidermal device was placed on the volar aspect of the most distal digit of the middle finger on the 
left hand. The infrared camera and laser speckle contrast imager were placed 31 cm from the 
fingertip. At t = 0, room lighting was turned off and the subject was instructed to relax. At t = 30 
s, continuous application of 2 mA current to the thermal actuator began. At t = 330 s, the subject 
was instructed to inhale deeply. At t = 375 s, the subject was instructed to exhale, and then breath 
normally. At t = 510 s, and t = 690 s the subject was again instructed to inhale and hold for 45s. 
Recordings continued until t = 800 s.  
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4.5      Figures 
 
Figure 4.1: Device design and thermal response to flow. (A) Schematic illustration of the device 
layout, including a blood vessel near the skin surface. A large (3 mm diameter) central thermal 
actuator provides power input into the vessel (typically 25 mW or 3.5 mW/mm2), at temperatures 
below the threshold for sensation (<8 °C rise above base skin temperature). Fourteen surrounding 
sensors allow measurement of the resulting thermal distribution (inset: magnified view of one 
sensor). An additional sensor serves to detect changes in the background temperature to 
compensate for drift. An array of bonding pads enable attachment of a thin (100 um) flexible cable 
interface to external data acquisition electronics. (B) Photograph of a device on the skin. (C) An 
infrared image of a device on the skin over a vein, during application of power to the actuator. (D) 
Raw data from a device applied to an area above a large vessel. The layout of the graphs 
corresponds approximately to the spatial distribution of the sensors (black) and actuator (red). The 
thermal distribution is strongly anisotropic, with bias in the direction of flow. Heating begins at t 
= 60 s and ends at t = 360 s. (E) Spatial map of the temperature at t = 300 s. The colormap uses 
spatially interpolated data. Black arrows indicate the relative magnitudes of the temperature rise 
measured by the inner ring of sensors. (F) Same spatial map as that shown in (E), with the signal 
of the heater removed to enhance the contrast of the data measured by the surrounding sensors. 
(G) Results of measured thermal flow, calculated from the temperature distribution around the 
actuator. The vector arrow map shows the calculated convection-driven thermal flow fields. The 
colormap represents the magnitude of the flow field. (H) Similar map as shown in (G), where the 





Figure 4.2: Process for quantifying blood flow rates from measured thermal signals. 
Conversion of thermal signals to blood flow rates relies on models that include a linear vessel of 
radius R, a distance h beneath the surface of the skin, with a central thermal actuator on the skin 
surface of radius B, and two sensors, one upstream and one downstream along the vessel, at a 
distance L (from actuator edge to sensor center). (A) Top-down and (B) cross-sectional views of 
this model system. (C) The first step determines the thermal transport properties of tissue located 
at each of the sensors and at the actuator. Here, 2 mA of current is applied to each sensor for 2 s. 
The local thermal conductivity and thermal diffusivity follow from analysis of the thermal 
transients associated with heating and cooling. (D) The second step approximates the depth of the 
blood vessel. The experimental initial transient profile of the differential temperature across the 
thermal actuator is compared to finite element models of the skin to determine the approximate 
depth of the vessel, using the thermal transport values determined in the first step (C). (E) The 
third step converts the thermal information to a blood flow velocity, v, using the values determined 
in the first (C) and second (D) steps. The differential temperature reaches a maximum at low flow 
velocity. The temperature rise at each sensor determines whether the calculation uses the low or 
high flow regimes. (F) Most physiologically relevant flow rates are expected to fall in the high 
flow regime. The radius of the underlying blood vessel, R, has a minor impact on the responses in 
the high flow regime, due to their dependence on R/L. The equations represent the numerical fits 






Figure 4.3: Measurements of changes in venous blood flow induced by local applied pressure. 
(A) The device resides on the wrist, over a 2 mm diameter vein with orientation shown in the 
illustration.  Location of pressure applied (60 s duration) with a cotton swab. (B) The local 
temperature distribution that follows heating for each pressure location. The temperature of the 
heater has been removed to improve the contrast. (C) Measured thermal anisotropy fields 
corresponding to the applied pressure illustration above. Computed colormaps correspond to the 
calculated flow components in the x-direction. (D-F) Similar analyses to (A–C), except that the 





Figure 4.4: Measurement of small-scale blood flow oscillations over an extended period. The 
device resides on the volar aspect of the wrist, over a vein. The subject sits in a reclining chair in 
a relaxed state with no external stimuli for a 20 min period. (A) Changes in blood flow as measured 
by a Laser Speckle Contrast Imager (LSCI perfusion units, black) and our device (dimensionless 
flow, blue) for t = 100 – 1200 s and (B) t = 1200 – 2400 s. The peaks in the two measurement 
techniques align well. (C) Fourier transform spectrogram (FFT length = 128 s, 5 samples/s; 
colorbar is amplitude of LSCI spectrogram) for t = 100 – 2400 s determined from LSCI data and 





Figure 4.5: Measurement of changes in local venous blood flow induced by occlusion and 
reperfusion of the forearm. The device resides on the volar surface of the wrist, over a vein. 
Occlusion and reperfusion induce changes in blood flow. Occlusion with a pressure of ~200 mmHg 
(80 mmHg above systolic pressure) applied to the bicep begins at t = 300s. Pressure is released at 
t = 600 s. (A) Changes in blood flow as measured by a Laser Speckle Contrast Imager (LSCI, 
black) and our device (blue). (B) Fourier transform spectrogram (FFT length = 128 s, 5 samples/s; 
colorbar is amplitude of LSCI spectrogram) determined from LSCI data and (C) our device (FFT 
length = 128 s, 2 samples/s; colorbar is amplitude of thermal anisotropy spectrogram). (D) 
Illustration of the position of the vein relative to the device. The red arrows show the relative 
magnitudes of the thermal distribution at peak flow. (E) Full thermal distribution map and (F) flow 
field map during peak flow as measured by our device. (G–I) Similar analyses as (D-F), except 
during occluded flow. (J) A similar experiment as in (A), but on a different subject with apparently 
deeper veins. Several strong pulsations of flow pulsations appear during occlusion, as measured 
with our device, but are entirely absent from the LSCI signal. Infrared images confirm the result 
from our device, with examples shown at (K) a pulse trough (L) a pulse peak (arrow indicates 
appearance of downstream heating) and (M) at reperfusion. (K-M) are uniformly contrast-
enhanced to aid visualization. Time points of (K-M) are indicated in (J). Movie C.3 shows the 






Figure 4.6: Analysis of changes in local microcirculation induced by dermatographic 
urticaria and deep breathing. (A) Photograph of slap-induced hyperemia and dermatographic 
urticaria on the forearm.     Location of the thermal actuator during measurement. (B) Temperature 
of the region of interest, measured by our device, before and after the onset of dermatographic 
urticaria. The vertical red dashed line indicates the time the slap was administered. (C) 
Temperature profile of the central heating element, with background temperature changes 
removed, before and after onset of dermatographic urticaria. A change in the time dynamics of 
heating indicates changes in the local heat transfer coefficient. Analysis of the time dynamics 
allows for calculation of the local thermal conductivity, λ, and thermal diffusivity, α, before and 
after the onset of dermatographic urticaria. (D) Heat distribution, as measured by our device 280 
s after heating, before (upper) and after (lower) the onset of dermatographic urticaria. Even though 
the local tissue increases in temperature, the temperature rise of the thermal actuator is lower after 
trauma due to the increase in local heat transfer. (E–H) Similar analyses as shown in (A-D) on a 
different day and body location. (I) Infrared image of the device applied to the fingertip to monitor 
local changes in microcirculation. (J) Results from LSCI (black) and our device (blue; difference 
between actuator temperature and the average temperature of the inner ring of sensor). Periodic  
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Fig. 4.6 cont. 
deep breathing (45 s breath holds) induces rapid dips in blood perfusion, measured by both LSCI 





Figure 4.7: Pulsed heating as an operation mode that reduces environmental effects and 
power consumption. The device resides on the volar aspect of the wrist, over a vein, during a 
reactive hyperemia protocol. Occlusion with a pressure cuff at the bicep, at 200 mmHg, begins at 
t = 400 s and ends at t = 700 s. The thermal actuator operates in a pulsed mode, as opposed to the 
continuous mode shown in prior figures. (A) Infrared images of pulsed heating during one cycle. 
(B) LSCI signal measured at a point above the vein, subject to a 0.2 Hz low pass filter.  
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Fig. 4.7 cont. 
(C) Temperature of the thermal actuator, which oscillates continuously throughout the experiment 
as a square wave with a 33% duty cycle, frequency of 0.067 Hz, 1 mA offset and 2 mA peak-to-
peak amplitude. (D) The differential temperature measured by sensors on opposing sides of the 
actuator, along the vein, with L = 1.5 mm. (E) Fourier transform spectrogram of (C). The signal at 
0.067 Hz is strong before and after occlusion, and diminishes during occlusion due to loss of 
anisotropy with loss of venous blood flow. (F) Relative amplitude of the signal at 0.067 Hz, 
extracted from (D). Frequency locked analysis allows for removal of drift in exchange for 




THEORETICAL AND EXPERIMENTAL STUDIES OF EPIDERMAL HEAT FLUX 
SENSORS FOR MEASUREMENTS OF CORE BODY TEMPERATURE 
This chapter was published as “Theoretical and Experimental Studies of Epidermal Heat Flux 
Sensors for Measurements of Core Body Temperature,” by Y. Zhang†, R. C. Webb†, H. Luo†, Y. 
Xue, J. Kurniawan, N. M. Cho, S. Krishnan, Y. Li, Y. Huang and J. A. Rogers, Advanced 
Healthcare Materials XX, XXX-XXX (2015). Reproduced with permission from the publisher. 
The analytical and finite element derivations presented in this chapter are outcomes of close 
collaborations and joint work with theorists.  
5.1      Introduction 
Core body temperature is an important parameter in guiding clinical decisions in patient care. 
A substantial deviation from normal temperature indicates a risk of organ dysfunction and a serious 
threat to a patient’s health.(1)  In particular, for patients suffering from traumatic brain injury or 
nerve damage, core body temperature is a critical index for monitoring health status.(2, 3) Previous 
approaches/devices developed for measuring the core body temperature fall into two main groups: 
1) invasive approaches(4-7) that involve sensors inserted into a natural body cavity, such as an 
ingestible or implanted telemetric device; 2) non-invasive approaches(8-13) that quantify core 
body temperature indirectly from measurements of skin temperature and heat flow, such as the 
zero-heat-flow(8-11) and the dual-heat-flux methods.(12, 13) Invasive approaches offer excellent 
accuracy but they have obvious disadvantages in discomfort and risk of complications. Non-
invasive approaches are, as a result, of widespread interest. Devices/instruments of this type have 
been used in cardiac surgery and in monitoring of circulatory failure.(14) The rigid, planar formats 
of these devices, however, do not allow natural or comfortable integration with soft, curvilinear 
surfaces of the skin. The consequences range from irritation to the skin to thermal and mechanical 
loading of its surface, thereby degrading the measurement fidelity and frustrating use in continuous 
monitoring.  
Here we introduce an approach and a set of materials for non-invasive measurement of core 
body temperature, in which multiple mechanically compliant differential temperature sensors 
attach softly, intimately, and naturally onto the surface of skin. The scheme takes advantage of 
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multiple (e.g., 8) temperature readings from a collection of sensors to enhance the accuracy. The 
device exploits advanced structural designs(15-24) recently developed for stretchable electronics 
to allow low effective moduli and large strain deformations.(18, 25-34)  Various aspects of the 
approach, including the sensitivity, accuracy and response time, can be revealed through the use 
of finite element analyses (FEA). Further experiments illustrate that the device can offer not only 
accurate assessments of core body temperature over a wide range, but also capabilities in 
identifying the convective properties of the surrounding air.  
5.2      Results and Discussion 
Device design and mechanical characteristics 
As elaborated by theoretical models described in the following sub-sections, the core body 
temperature can be determined indirectly through use of multiple differential temperature sensors. 
Each differential temperature sensor adopts a multilayer design as in Figure 5.1A. Two identical 
sensors separated by a soft (e.g., 200 kPa) layer of silicone utilize the temperature coefficient of 
resistance in thin (100 nm), narrow (10 μm) serpentine traces of gold, to offer high precision (on 
the order of millikelvin) measurements.(35) Both sensors are linked by electrical interconnects 
(Ti/Cu/Ti/Au; 50 μm wide and 600 nm thick) in a filamentary serpentine mesh for direct external 
addressing. Interconnects provide a 4-point measurement configuration to minimize errors 
associated with contact resistances. These metallic interconnects lie between two thin layers of 
polyimide (PI) of the same thickness (1.2 μm), to minimize the strain in the metal by placing it at 
the neutral mechanical plane. Two thin (e.g., 50 μm) silicone layers encapsulate the entire device 
to avoid direct exposure to the environment. Figure 5.1B presents an optical image of such a device 
fabricated using microlithographic techniques (see Experimental Section for details). Conformal 
attachment to the skin in all cases occurs with the use of an ultrathin (e.g., 40 μm) elastomer layer 
(e.g., Silbione RT Gel 4147 A/B, Bluestar Silicones, USA; modulus ∼3 kPa), even for the thickest 
device geometries (e.g., 5.9 mm). An example appears in Figure 5.1C, showing a thick (3.0 mm) 
device well attached to the forehead. The effective modulus of the system reduces slightly (from 
~216 to ~202 kPa) with increasing the device thickness from 0.5 to 6.0 mm (Fig. D.1, Supporting 
Information). All values are comparable to that of the human epidermis, thereby yielding a type of 
conformable integration that poses negligible mechanical loading on the skin surface, as opposed 
to rigid devices. The concurrent use of the serpentine mesh design, the neutral mechanical plane 
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construction, and the ultrasoft substrate, yields highly deformable characteristics and minimized 
material strain in the interconnects and sensors. For example, three-dimensional (3D) FEA 
calculations (see Supporting Information for details) show that the strain in the metal just reaches 
the yield strain (~0.3%) upon bending on a rigid cylinder with radius of ~20 mm (as shown in Fig. 
5.1D). Furthermore, the device can be twisted by ~60o (Fig. 5.1E) or stretched by ~15% (Fig. 
5.1F), in elastic and reversible manners, through microscale wrinkling of the serpentine traces. In 
all cases (from Fig. 5.1(D-F)), the deformation modes in experiment are similar to those in FEA 
results, and no cracks or failures are observed. These superior mechanical attributes facilitate use 
on the skin, and well accommodate natural motions, for which strains are typically below ∼15%. 
Theoretical model and sensitivity analyses 
A theoretical model of heat conduction can be used to extract the core body temperature using 
data from multiple differential temperature sensors with various separation thicknesses. For each 
device, when the lateral sizes are much larger than the thicknesses (e.g., 20×20×1 mm3), the heat 
flux mainly occurs along the thickness direction, as schematically illustrated in Figure 5.2A. In 
this case, the one-dimensional (1D) heat conduction can be adopted, such that the temperature (T) 
is governed by the equation 
2 2 0  T z , where z denotes the coordinate along the thickness 
direction. Theoretically, the temperature at the skin surface is mainly determined by the core body 
temperature, through the effective thermal properties of the tissues and the ambient conditions. 
The heterogeneous construction of the tissue structures and associated temperature distributions 
within these areas are not critical. Based on this consideration, we assume that the skin and 
underlying tissues can be treated as an equivalent single-layer tissue (with an equivalent thickness 
ttissue and thermal conductivity ktissue). The bottom surface of the device remains in intimate contact 
with the equivalent tissue, while on its top, a thin fabric (with thickness tfabric and thermal 
conductivity kfabric) can be used in experiment to model conditions of practical use. This fabric 
layer exchanges heat directly with the surrounding air (Troom) through its free surface, with a 
convection coefficient of h. Taking device 1 as an example, the above boundary conditions can be 
expressed as:  
 0

















   













   11
1   

tissue devicetissue device









   
   
















d   
  
   
    
   tissue fabricdevice
tissue fabricdevice
fabric
fabric fabric roomz t t t
z t t t
T





where the subscripts “tissue”, “device(1)” and “fabric” represent three different layers; 




, ts(1) and t0 denote the thicknesses of entire device, separation layer and 
encapsulation layer; ksilicone denotes the thermal conductivity of the silicone. Based on these 
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(5.3)  
The ambient temperature (Troom), which is required as an input into the models, can be easily 
obtained using a separate, conventional device exposed to the surrounding air, perhaps attached to 
a piece of clothing. The three unknown parameters to be determined in Eqs. (2) and (3) are the 
core body temperature (Tcore), the equivalent tissue property ( tissue tissue
t k
), and the convection 
coefficient (h). These quantities cannot be determined directly from temperature data derived using 
just one differential temperature sensor. Two strategies to solve this issue use: i) multiple devices 
with different separation thicknesses (ts); ii) multiple devices with different separation materials 
(and thereby different conductivities ksilicone). This section focuses on strategy i) to illustrate the 
model implementation and experimental validation. Section 3 discusses an extension to strategy 
ii).  
 Consider n (≥2) different differential devices with different separation thicknesses [ts(1) to 





bottomT , i=1..n), with a total of (2n) equations, for determination of the three unknowns (Tcore, 
tissue tissuet k , h). This inverse problem can be solved by constructing an objective functional ( ) 
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Minimization of this functional by searching over a reasonable range for each parameter (see 
Supporting Information for details) then gives solutions for the three unknowns. The process can 
be implemented numerically (e.g., using commercial software MATLAB or FORTRAN). 
Although biological activity (e.g., blood circulation) in regions beneath the skin may change the 
properties/parameters of the tissues, the theoretical models remain valid since they do not require 
these properties/parameters to be constant or separately known. 
 The sensitivity and accuracy are determined not only by the theoretical model, but also by the 
accuracy of the sensors. The sensitivity can be interpreted as the smallest level of change in the 
core body temperature that is detectable, as illustrated in the top panel of Figure 5.2B. According 
to Eqs. (2) and (3), the change in core body temperature induces a proportional change in the 
temperature of the two sensors in each device, through a factor that only depends on the various 
material and geometric parameters. For two representative devices (3.0 mm and 0.7 mm in 
thickness) under a typical convection condition (h=10 W/m2/K), the results in Figure 5.2C clearly 
show that a unit change (1.0 K) in the core body temperature leads to a > 0.7 K change in all four 
sensors. According to Webb et al.,(35) temperature sensors with construction similar to those 
reported here can provide a precision (one standard deviation) of ~14 mK, resulting in sensitivities 
of the current core body temperature system of ~20 mK. On the other hand, the accuracy can be 
interpreted as the average error of prediction in the core body temperature caused by errors in the 
temperature sensors and the numerical algorithms, as illustrated in the bottom panel of Figure 
5.2B. Calculations based on two representative devices (3.0 mm and 0.7 mm in thickness) show 
that an error in the measured temperature can be magnified by a factor of ~5.2 in the prediction of 
core body temperature (Fig. D.2, Supporting Information). Use of additional devices can improve 
the accuracy of the prediction (Fig. D.3, Supporting Information). For example, the magnification 
factor of the average error in prediction can be reduced from ~5.2 to ~2.5 (Fig. D.4, Supporting 
Information), when the number of devices increases from 2 to 4. When the number of devices 
increases further to ~12, the magnification factor reaches ~1.0. Considering practical limits, we 
mainly focused on 4 or fewer devices (typically with a lateral dimension of 20×20 mm2) in this 
study. In practical use, the primary sources of sensor accuracy error are resistance changes 
resulting from deformation strain, and errors resulting from the measurement electronics. Analysis 
of resistance changes due to strain in similar devices(35) reveal potential strain-induced accuracy 
errors of ~100 mK under significant deformation. Potential drift in the accuracy of measurement 
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electronics increases with the time since calibration. Drift errors resulting from the measurement 
electronics, 90 days after sensor calibration, can be expected to be as high as 250 mK for the 
configurations used here. The resultant average accuracy error in the determination of core body 
temperature with 4 devices (8 total sensors), due to the accuracy scaling, becomes 250 mK – 875 
mK, depending on the time since calibration. The practical impact of these accuracy errors is 
diminished in use cases where the goal is to monitor continuous changes in the core body 
temperature over time, where the primary concern is precision, as opposed to absolute accuracy. 
Many examples of this type of use case exist, often in clinical settings, such as monitoring infant 
temperatures in incubators, or general patient temperature changes over time. 
Effects of transient and three-dimensional heat conduction 
 The theoretical model described above uses steady-state heat conduction, and assumes that the 
entire system is in an equilibrium state. When the core body temperature changes, the differential 
temperature device requires a certain time (i.e., the response time) to stabilize, determined mainly 
by the thickness, diffusivity and conductivity of the various layers. For a typical thickness (9.2 
mm) and material parameters (thermal conductivity ktissue=0.3 W/m/K, heat capacity ctissue=1460 
J/Kg/K, and density ρtissue=970 Kg/m
3) of the equivalent tissue layer, the transient FEA (see 
Supporting Information for details) gives the temperature history (Fig. 5.3(A-D)) of the top and 
bottom sensors for four devices with different thicknesses, in response to the increase of core body 
temperature from 37 oC to 39 oC. These results on the temporal variations in temperature agree 
reasonably well with experimental measurement over the entire time range for the four different 
thicknesses (Fig. D.5, Supporting Information). The relatively large response time observed in 
experiment can be mainly attributed to the different heating conditions used in experiment and 
transient FEA, as evidenced by the slower stabilization in the experimentally controlled core body 
temperature. By defining the response time as that required to reach 90% of the final temperature 
change for both sensors in the device, FEA results indicate an increase in the response time from 
~474 s for the thinnest (0.67 mm) device, to ~1030 s for the thickest (5.90 mm) device. A numerical 
experiment that involves use of all of these time-dependent sensor temperatures (Fig. 5.3(A-D)) in 
the inverse model gives time dependent estimates for the core body temperature, the tissue property 
and the convection coefficient, as shown in Figure 5.3(E and F). The response time of the core 
body temperature is mainly limited by the thickest device, and can be even larger (~1440 s in this 
case), since a small error in the sensor temperature can be magnified to a certain extent in the 
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inverse problem. Therefore, it is important to appropriately reduce the device thickness to provide 
fast responses to changes in core body temperature. 
 To reduce the overall size of the device while ensuring a sufficiently large difference in the 
temperature of the two sensors, the thickness (tdevice) should be not too much smaller than the lateral 
size (sdevice). In this geometry, 3D thermal conduction can be important, and the 1D model may not 
provide sufficient accuracy. An example appears in Figure 5.4A for a device with a thickness (5.9 
mm) that is comparable to the lateral size (20×20 mm2), under a typical condition (with Troom=22 
oC, Tcore=37 
oC, and h=10 W/K/m2). Here, the side surfaces dissipate heat into the environment, 
such that a temperature gradient can be observed along the sensor plane (normal to the thickness 
direction). The magnitude of the temperature calculated by the 3D model lies below that of the 1D 
model [Eqs. (2) and (3)]. In particular, the maximum difference of those two models (1D & 3D) 
can reach ~4.76 oC at the plane of the top sensor, and ~1.93 oC at the plane of the bottom sensor. 
Both values are significant compared to the difference (15 oC) between Tcore and Troom. To take this 
3D effect into account for a moderately thick device (e.g., with the ratio tdevice/sdevice < 1/3), a 
correction in the convection coefficient can be introduced in the 1D model. The corrected value 













where C is a factor that depends on the location of sensor, which can be determined through 
comparison to accurate calculations of 3D FEA with different device thicknesses (e.g., 0.5 mm to 
6.0 mm) and tissue properties (e.g., ttissue/ktissue ranging from 0.15 to 0.45). Minimization of the 
average error of the temperatures predicted by the corrected model gives the optimized correction 
factor, e.g., 2.5 and 3.5 (Fig. 5.4B) for the top and bottom sensors (with the location illustrated in 
Fig. D.6A, Supporting Information) of the device used in the experiments, as described in the next 
section. Figure 5.4C demonstrates that the agreement of the corrected 1D model with 3D FEA 
results is indeed much better than that of the uncorrected case, for a representative device (3.34 




Experimental validation of devices and modeling algorithms 
Experiments (see Experimental Section for details) that adopt thermal models of skin and 
underlying tissue serve to validate the behavior of devices built according to the above approach. 
A representative experimental setup appears in Figure 5.5A, with 4 different temperature devices 
covered by a thin (1.0 mm) layer of fabric and placed on top of the tissue model. Four sets of 
experiments were performed using devices with different dimensions (four different thicknesses, 
5.9, 3.34, 0.96 and 0.67 mm, for the device with a lateral size of 20×20 mm2; two different 
thicknesses, 4.03 and 2.24 mm, for the device with a lateral size of 50×50 mm2). Additionally, 
experiments with several different ambient air convection conditions provided indications of 
performance in varied environments. 
 Figure 5.5(B and C) illustrates the crucial roles of 3D thermal conduction in the prediction of 
core body temperature for relatively thick devices (e.g., 20×20×5.9 mm3). Here, the uncorrected 
model induces a considerable deviation from the experimentally controlled values. By contrast, 
the 3D thermal conduction is almost negligible in the prediction of core body temperature for 
relatively thin devices (e.g., 50×50×4.03 mm3 or 50×50×2.24 mm3), as shown by Figure 5.5D. 
The correction introduced in Section 2.3 is not necessary in this case, consistent with the small 
correction factors (0.25 for the top sensor and 0.51 for the bottom sensor, shown in Figures D.6(B 
and C), Supporting Information). The results in Figure 5.5(B-D) also demonstrate that the use of 
additional devices improves the accuracy, as evidenced by the average differences (~0.24 oC for 4 
devices, ~0.35 oC for 3 devices, and ~1.02 oC for 2 devices) from the experimentally controlled 
values. Considering the wide range (22 to 38 oC) of variation in the core body temperature during 
the experiments and the high sensitivity (~0.02 oC) obtained in Section 2.2, the accuracy of the 
system with 4 devices has the potential to satisfy requirements in practical applications. Besides 
working in natural convection conditions (for the experiments in Fig. 5.5(B-D)), Figure 5.5E 
further shows the utility of the system under accelerated air circulation, adjusted with a fan. The 
magnitude of the convection coefficient inferred by the algorithm corresponds reasonably well 
with the convection conditions used in the three different experiments. All four sets of experiments 
illustrate the validity of the devices and modeling techniques. 
Besides the strategy of using multiple differential devices with different separation thicknesses, 
the model developed in Section 2 also indicates the feasibility for an alternative approach in which 
97 
 
different separation materials are adopted in multiple devices. Cellular elastomeric materials are 
particularly attractive for this purpose, due to thermal properties (especially the thermal 
conductivity) that can be tuned by tailoring the void fraction. Furthermore, the ultralow thermal 
conductivity (e.g., ~0.03 W/K/m) of these materials allows reduced device thicknesses, while 
achieving a similar level of temperature difference between the two offset sensors. This advantage 
improves the bendability of the device (Fig. D.7, Supporting Information) and its permeability. 
Figure 5.6(A and B) provides an example built using polyurethane (PU) foam with a high void 
fraction (~93%), which allows strong bending deformations (with a bending radius of ~10 mm) as 
shown in Figure 5.6C. According to FEA results (Fig. 5.6D) based on transient thermal conduction, 
the sensors embedded in PU foam (1.0 mm in thickness) have response times (~447 s) that are 
comparable to those (~505 s) of sensors embedded in silicone (1.0 mm in thickness), while 
providing a relatively large temperature difference (~2.89 oC) in the steady state. A numerical 
experiment that uses these time-dependent sensor temperatures in the inverse model indicates a 
short response time (~602 s) for measurement of core body temperature, particularly compared to 
the system (with a response time of ~1440 s) in Figure 5.3.  
 This paper presents a systematic study of soft, wearable differential temperature sensors for 
non-invasive measurements of core body temperature. The content combines analytical, numerical 
and experimental approaches. The sensors exploit materials and structural designs that enable 
conformable integration onto the surface of skin, with the capability of sustaining high levels of 
deformations in various modes. A theoretical approach that exploits multiple sensors with various 
separation thicknesses or materials shows promise in the determination of core body temperature. 
Fundamental investigations on the sensitivity, accuracy and response time provide important 
guidelines for future optimization. Four different sets of experiments illustrate the validity of the 
methods, and verify the expected improvements in accuracy enabled by the use of additional 
sensors. These outcomes could have potential in long-term, continuous monitoring of core body 
temperature. 
5.3      Materials and Methods 
Fabrication of Differential Temperature Sensors 
Fabrication begins with a 3” Si wafer coated with a 200 nm layer of poly(methyl methacrylate) 
(PMMA 495 A2, Microchem, USA), followed by 1.2 µm of polyimide (PI-2545, HD 
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Microsystems, USA). Photolithographic patterning of a bilayer of Cr (6 nm)/Au (75 nm) deposited 
by electron beam evaporation defines the sensing/heating elements. A second photolithographic 
patterning of a metal stack of Ti (10 nm)/Cu (550 nm)/Ti (20 nm)/Au (25 nm) defines the 
interconnect wires. A second layer of polyimide (1.2 µm) places the sensing/heating elements in 
the neutral mechanical plane and provides electrical insulation and mechanical strain isolation. 
Reactive ion etching of the polyimide defines the mesh layout of the array and exposes the bonding 
locations. A water-soluble tape (5414, 3M, USA) enables removal of the mesh layout from the Si 
wafer, to expose its back surface for deposition of Ti (3 nm)/SiO2 (30 nm) by electron beam 
evaporation. Transfer to a thin silicone layer (10 µm; Sylgard 184, Dow Corning, USA) spin-cast 
onto a glass slide, surface treated to reduce adhesion of the silicone, results in the formation of 
strong bonds due to condensation reactions between exposed hydroxyl groups and the SiO2 and 
silicone. Immersion in warm water allows removal of the tape. A thin (100 µm), flexible, 
conductive cable bonded with heat and pressure to contacting pads at the periphery serves as a 
connection to external electronics. Devices are then laminated to each side of the separation 
material (either Sylgard 184 as seen in Fig. 5.1, or polyurethane foam (FlexFoam-iT! III, Smooth-
On, USA) as seen in Fig. 5.6). Finally, a thin layer (40 um) of adhesive silicone (Silbione RT Gel 
4147 A/B, Bluestar Silicones, USA) is applied via doctor blade to each side of the final differential 
sensor device. 
Experimental Studies 
A precision hot plate (Super Nuova, Thermo Scientific, USA) placed in an ambient controlled 
chamber serves as the model of a core temperature heat source. A cranial tissue model (9.2 mm 
thickness of Sylgard 170, Dow Corning, USA) laminated to the hot plate provides a thermal 
resistance structure similar to that expected for an average human skull. A small resistance 
temperature detector (PTS 1206, Vishay Beyschlag, Germany) embedded between the hot plate 
and the tissue model records the experimentally controlled core temperature. Each differential 
temperature sensor is laminated to the top surface of the tissue model. Finally, a 1 mm thick fabric 
layer (two layers of Ease Release Tape, 3M, USA) models conditions for practical use. During all 
experiments, the resistance of each sensor is recorded, in a 4-point configuration, by a 22-bit digital 
multimeter (USB-4065, National Instruments, USA). In order to record data from all sensors 
during experiments, sensor recordings are time-multiplexed via an external switch matrix (U802, 
Ledgestone Technologies, USA). Resistance values are converted to temperature values via a prior 
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sensor calibration. Different convection conditions were achieved by applying varied levels of air 
flow from a blower fan over the experimental setup. 
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5.5      Figures 
 
Figure 5.1: Device construction and mechanics under deformation. (A) Schematic illustration 
of the device layout in an exploded view; Optical images of a device (B) held in the hands, and 
(C) mounted on the forehead; FEA results and optical image of a device subject to (D) bending to 
a radius of curvature of 20 mm, (E) twisting at an angle of 60o, and (F) uniaxial stretching to a 
strain of 15%. The color in the FEA results represents the magnitude of logarithmic strains in the 




Figure 5.2: Illustration of the thermal conduction model and sensitivity analyses. (A) 
Schematic illustration of the thermal conduction model; (B) Illustration of the sensitivity in the 
forward problem (top panel) and the accuracy in the inverse problem (bottom panel); (C) Variation 
of sensor temperatures versus changes in the core body temperature, for two different devices with 




Figure 5.3: Transient effects in the thermal conduction model. (A-D) Temperature history of 
top and bottom sensors due to an increase in the core body temperature from 37 oC to 39 oC over 
50 seconds, for four devices with tdevice=0.67, 0.96, 3.34 and 5.90 mm; (E) Predicted evolution of 
core body temperature by using the sensor temperatures in (A) to (D) as inputs; (F) Predicted 
evolution of the convection coefficient and tissue property by using the sensor temperatures in (A-




Figure 5.4: Three-dimensional effects in the temperature distribution. (A) Temperature 
distribution of the device and underlying tissue based on calculations by 3D FEA (with Troom=22 
oC, Tcore=37 
oC, and h=10 W/K/m2), and comparison with results of 1D FEA at the top and bottom 
planes of the sensors; (B) Average error of the temperature prediction based on the corrected model 
as a function of the correction factor; (C) Results of sensor temperature based on FEA and 




Figure 5.5: Experiments for validation of the theoretical model. (A) Photograph of the 
experimental setup; Experimentally controlled core body temperature and the model predictions 
based on the developed algorithm in the (B) 1st set of experiment with 4 devices (5.9, 3.34, 0.96 
and 0.67 mm) in the lateral size of 20×20 mm2, (C) 2st set of experiment with 3 devices (5.9, 3.34 
and 0.96 mm) in the lateral size of 20×20 mm2, and (D) 3st set of experiment with 2 devices (4.02 
and 2.24 mm) in the lateral size of 50×50 mm2; (E) Histogram of model predictions for core body 
temperature under three different levels of convection conditions using 2 devices (4.02 and 2.24 




Figure 5.6: Concepts for tailoring the properties of separation materials for measurement of 
core body temperature. (A) Optical images of a device with polyurethane (PU) foam as the 
separation material, and (B) enlarged view of the temperature sensors; (C) optical image of the 
device subject to a bending deformation; (D) Temperature history of the top and bottom sensors 
when the core body temperature increases from 37 oC to 39 oC over 50 seconds, for two devices 
with the same thickness (1.0 mm) and different separation materials (silicone and PU foam); (E) 




MECHANICAL DESIGN TECHNIQUES FOR RELIABLE RELEASE AND TRANSFER 
PRINTING OF SUB-10 UM FILAMENTARY SERPENTINE MESHES 
6.1      Introduction 
There are two competing end-goals when designing ultrathin electronic devices for stretchable 
applications: maximum stretchability of the final device(1, 2) and a reliable release and transfer 
process(3) that does not degrade device function. These requirements are in competition because 
a design that is more mechanically homogeneous with a high fill fraction (i.e. not much open mesh 
spacing) is more stable during release, but generally less stretchable. As additional motivation for 
low fill fractions, recent work shows that open mesh designs can be tuned to have non-linear elastic 
responses that match biological tissues(4). During the release and transfer process, the device is 
released from the carrier substrate via dissolution of a sacrificial release layer (Fig. 6.1(A and B)). 
Once released, the device is prone to deforming in the dissolution fluid, especially in the case of 
narrow filamentary serpentines (Fig. 6.1C). Here, we present mechanical design techniques, called 
‘tethering’ techniques, as a means of fabricating devices that can be released reliably in high yield, 
without any sacrifice to final stetchability. These techniques are motivated by earlier work carried 
out by Meitl, et al.(5), in which the authors studied the stress focusing effects of tether design 
(what we will call ‘external tethers’ in this work) in the transfer printing of Si devices on silicon-
on-insulator substrates. Here, we expand the ideas to generalized polymer tethers for stretchable 
applications. A complimentary fabrication technique to the mechanical tethering system discussed 
in this chapter is the fabrication of features with curved geometries and feature sizes <10 µm, 
which cannot be achieved by any of our conventional photomask generation processes alone. A 
discussion of an inexpensive means of producing these requisite photomasks appears in the 
Materials and Methods section of this chapter. 
6.2      Results and Discussion 
We developed a series of complementary mechanical design strategies that overcome the 
device deformation issues related to the release and transfer printing process, without sacrificing 
any of the mechanical properties of the final device. A mechanical tethering system (Fig. 6.1D), 
including ‘external tethers’ which link section of the device to the supporting substrate and 
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‘internal tethers’ which link sections of filamentary serpentines within the device to each other, 
similar to cross-links in a polymer network, provides superior device stability during the transfer 
printing process. The internal and external tethers provide two complimentary, but distinctly 
separate, solutions to the problem of preventing device deformation during release and transfer.  
The internal tethers are most valuable in device designs that have serpentine shapes with a 
large radius-to-wire-width ratio, or have several wires that will have open space between them. 
Devices of this sort are especially difficult to release without significant deformation. Mild 
deformation may cause a minor change in shape of the serpentines, while significant deformation 
typically causes the device to become an unusable, tangled mess of wires. One extreme solution 
would be to fabricate the device in a uniform, homogeneous sheet of polyimide (PI). This would 
prevent device deformation (although bending could still occur), however it would also increase 
the elastic modulus of the device to a point that it would effectively have no elastic stretchability. 
Additionally, this type of design is time-consuming to release from the supporting substrate. The 
dissolution rate of the sacrificial layer beneath the device is a function of the ratio of edge length 
to footprint area in the device (e.g. a long narrow wire will release much more rapidly than a square 
of equivalent footprint area). In fact, any mechanical linkage between serpentines in the final 
device will increase the elastic modulus of the whole device, because stretchability fundamentally 
relies on deformation. The ideal system is one which provides a temporary mechanical linkage 
during the release and transfer steps of fabrication, and then disappears. We accomplish this task 
of an idealized system by designing internal tethers between serpentines in the device (Fig. 6.2A) 
which have a mechanically pre-programmed fracture point (Fig. 6.2B). The fracture point is 
designed into a neck shape, which comes together with a small radius of curvature. The neck is 
strong enough to withstand the buoyancy and drag forces induced in the device by the dissolution 
fluid during release, and weak enough such that it will fracture under strain before any other part 
of the device reaches plastic deformation, as shown in Figure 6.2B. Once fractured, the internal 
mechanical links effectively disappears (which are no longer needed because the device is 
supported by the final substrate, such as silicone) and therefore do not have any effect on the elastic 
modulus of the final device, after the first stretching cycle. This strategy maintains the goals of 
global stretchability (Fig. 6.2C). In some instances, it may be necessary that the linkages are 
permanent to facilitate strain isolation away from sensitive electronic components. This is related 
to the concept of internal tethers, except that the tether are designed to never break (Fig. 6.2D). 
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External tethers are based on similar principles to the internal tethers, but have different 
mechanical requirements. Primarily, the external tethers serve to prevent curling of the device 
during release (which likely occurs due to a mechanical mismatch stress between the various 
material layers in the device), as well as to keep the device in place on top of the supporting 
substrate. While the internal tethers link between two sections of the same device, the external 
tether must link to a point on the wafer. This is facilitated by the design of PI ‘anchor’ points (Fig. 
6.1D and Fig. 6.3A), near the device either outside the edges or within open areas, which attach 
the tether to the wafer. The function of the anchors is improved if the anchors are adhered directly 
to the supporting substrate, instead of residing on top of the sacrificial layer. The anchors can still 
be effective if placed on top of the sacrificial layer, because the small edge length to footprint area 
ratio causes them to delaminate more slowly than other elements of the device. However, given 
enough time in the dissolution medium, the anchors will fully delaminate and become ineffective. 
The anchors are easily adhered directly to the supporting substrate by the addition of a lithography 
step to pattern the sacrificial layer in the anchor locations, prior to applying the first PI layer, so 
that the anchors attach directly to the substrate. In the case of a PMMA sacrificial layer, patterning 
is accomplishing by the use of a quartz photomask and broadband Hg lamp exposure, which 
provides the requisite deep UV exposure. Similarly to the internal anchors, the external anchors 
are designed with a programmed (necked) fracture point, this time near the device edge (Fig. 6.3B). 
In this case, the requirement is that the tether fracture stress is higher than the stress induced by 
buoyancy and drags forces from the dissolution fluid, but lower than the stress level needed to 
initiate delamination of the device from the elastomeric stamp, as illustrated by the schematic in 
Figure 6.3(C-E).  
The use of internal and external tethers becomes critical as serpentine widths become less than 
10 µm, particularly when the serpentine arc length to width ratio is high. These types of devices 
readily delaminate from the supporting substrate, but have too little mechanical stiffness maintain 
any shape after delamination. The effectiveness of the tethers is illustrated in Figure 6.4, which 
shows a 1.5 µm width Au serpentine sensor wire, encapsulated in 5 µm width PI (3 µm thick), 
before release (Fig. 6.4(A and B)) and after transferring to a soft silicone sheet (Fig. 6.4(C and D)) 
via an elastomeric stamp. The PI anchors seen before transfer in Figure 6.4A do not appear after 
printing, as shown in Figure 6.4C, as a result of them adhering to the original supporting substrate. 
Fracture at the programmed points is seen by comparing the presence and disappearance of the 
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external tethers in Figure 6.4B and Figure 6.4D, respectively. The small remnants of the external 
tethers appear as small appendages on the top of the arcs in Figure 6.4D. 
The mechanical design techniques presented in this chapter not only significantly relax the 
requirements for processing control on the device release process, which provides improved yield 
and reduced cost in manufacturing, but also enable the successful fabrication of stretchable devices 
with small features that are not amendable to current conventional forms of transfer printing. The 
development of these techniques was motivated by the devices discussed in the following two 
chapters, which have geometries that preclude them from untethered release and transfer 
processes.  
6.3      Materials and Methods 
Fabrication of photomasks with feature sizes <10 µm in curved geometries 
Fabrication begins with a photomask design using computer aided design (CAD) software. The 
design of the device to be fabricated is scaled up 10x from the desired final size (Fig. 6.5A; this 
scaled up version must be <4.055” in any dimension – see below for how to handle larger devices). 
The design is then sent to a photoplotter (we send files to CAD/Art services in Bend, OR, USA; 
www.outputcity.com) to be printed onto a transparency sheet (typically ~$100 for next-day 
delivery). The transparency design is then transferred to a 5” soda lime glass plate with a FeO and 
photoresist coating (Towne Technologies, USA), via a 365 nm flood exposure (Fig. 6.5B). The 
photoresist is then developed in AZ Developer (AZ Electronic Materals, USA) and the FeO is 
etched using Iron Oxide Mask Etchant (Transene, USA). This 5” plate forms the master reticle. 
The master reticle is loaded into a projection stepper with a 10x reduction lens (ASET PG) and the 
image is transferred to a 3” soda lime photomask with a FeO and photoresist coating, imaged 10x 
smaller than the master reticle (Fig. 6.5C). The 3” mask plate can be translated if stepped repetition 
of the image is desired (Fig. 6.5D). A translation accuracy of <1 µm allows for seamless stitching 
to form a complex final mask design (Fig. 6.5F). Non-repeated regions can be imaged directly by 
the projection stepper. If the repeated portion of the final device is >0.4055” in any dimension, 
multiple master reticles can be used sequentially to form single continuous, non-repeated portions 
of devices >0.4055”. However, care must be taken in reticle design to prevent any undesired 
imaging during the projection of any given reticle. An example of such a multi-reticle design is 
shown in Figure 6.5(F and G). 
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Fabrication of devices incorporating mechanical tethers 
Fabrication begins with a 3” Si wafer coated with a 200 nm layer of poly(methyl methacrylate) 
(PMMA 495 A2, Microchem, USA). Photolithographic patterning, through a quartz photomask 
and with a broadband Hg UV lamp, developed in an isopropanol/methyl isobutyl ketone solution, 
defines the anchor points in the PMMA. The wafer is then spin-cast with a 1.5 µm of polyimide 
(PI-2545, HD Microsystems, USA). Photolithographic patterning of a bilayer of Cr (6 nm)/Au (75 
nm) deposited by electron beam evaporation defines the sensing/heating elements. A second 
photolithographic patterning of a metal stack of Ti (10 nm)/Cu (550 nm)/Ti (20 nm)/Au (25 nm) 
defines the interconnect wires. A second layer of polyimide (1.5 µm) places the sensing/heating 
elements in the neutral mechanical plane and provides electrical insulation and mechanical strain 
isolation. Reactive ion etching of the polyimide defines the mesh layout of the array and exposes 
the bonding locations. Either an elastomeric stamp (Sylgard 184 mixed 4:1, Dow Corning, USA) 
or a water-soluble tape (5414, 3M, USA) enables removal of the mesh layout from the Si wafer, 
to expose its back surface for deposition of Ti (3 nm)/SiO2 (30 nm) by electron beam evaporation. 
Printing to the final substrate is carried out with procedures specific to the substrate of interest, as 
described in other chapters. 
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6.5      Figures
 
 
Figure 6.1: Deformation induced by sacrificial layer dissolution in a serpentine mesh. (A) 
The final device, following all wafer-based fabrication processes, is adhered to the supporting 
substrate (typically a Si wafer or glass slide) be a sacrificial layer (typically PMMA or SiO2). 
Immersion in a dissolution fluid (acetone for PMMA, HF for SiO2) begins the release process. (B) 
Complete dissolution of the sacrificial layer causes delamination of the device, which can cause 
(C) catastrophic deformation, especially in serpentine mesh structures. (D) A combination of 
internal and external tethers prevents device deformation during release, while maintaining all 





Figure 6.2: Internal tethers and compatibility with desired final device mechanics. (A) 
Internal tethers, which are narrow sections of polyimide support that form a programmed fracture 
point (neck) in the middle, maintain a mechanical linkage between serpentine elements in order to 
maintain device shape during release. (B) The internal tethers are designed such that, after 
transferring the device to a low modulus material such as silicone, they fracture during the first 
application of global strain to the device. The tethers are not needed after the device is transferring, 
and the fracturing ensures they do not limit the stretchability of the device. (C) The global 
stretchability of the final device should be maximized, and not limited by the presence of internal 
tethers. (D) Strain isolation, where needed, can be maintained by larger local regions of polyimide 





Figure 6.3: External tethers and transfer printing. (A) External tethers mechanically link 
portions of the device to a polyimide (PI) anchor point, which is directly adhered to the supporting 
substrate. (B) A neck at the point of the tether that attaches to the device provides a programmed 
location for stress concentration of fracture to occur during device transfer. (C) A side-view 
schematic shows the general concept. Anchors are adhered directly to the wafer, while the device 
has a sacrificial layer beneath it. (D) The sacrificial layer is dissolved and (E) the tethers fractured 






Figure 6.4: Combinations of internal and external tethers facilities the release and transfer 
of serpentines <1.5 µm in width. (A) An optical micrograph of a PI-encapsulated 1.5 µm wide 
Au serpentine wire. Four anchors and external tethers secure the wire to the supporting substrate, 
and five internal tethers maintain the wire shape. (B) A magnified view of the internal tethers. (C) 
Same device after transferring to a silicone substrate. The external tethers have fractured at the 
programmed points, leaving the anchors and external tethers behind. (D) Magnified view of (C). 
The remaining fractured necks of the external tethers are seen at the top of the arcs, which the 





Figure 6.5: Inexpensive generation of photomasks from printed transparencies with curved 
serpentine geometries with feature sizes down to 1.5 µm. (A) A master reticle is printed on a 
transparency at 10x final feature size. (B) The transparency feature is transferred to a 5” glass 
photomask via flood exposure with 365 nm light. (C) The image is then transferred to the final 3” 
glass photomask with a projection stepper with a 10x reduction lens. (D) The master pattern is 
repeated as needed by translating the receiving photomask. (E) An example of a final photomask 
with intricate curved serpentine fractals with 1.5 µm feature sizes. This type of photomask cannot 
be made by a conventional transparency plotter or the photomask generator alone. (F) The master 
reticle is limited to 4.055” in either dimension on a 5” mask plate. If the final device is larger than 
0.4055” in any dimension, multiple master reticles can be used and stitched together by the 
photomask generator, with a stitching resolution of <1 µm. Example of the top of a pattern in (F) 





DESIGN CONSIDERATIONS FOR FLEXIBLE, STRETCHABLE FREQUENCY 
DOMAIN THERMAL TRANSPORT MEASUREMENTS USING THE 3ω TECHNIQUE 
The finite element analysis results presented in this chapter were obtained by close 
collaboration with theorists, and are included where essential to the understanding of the overall 
results. 
7.1      Introduction 
The 3ω technique has been demonstrated and validated over the past twenty-five years as a 
precise and accurate way of measuring the thermal transport properties of thin film materials(1-5). 
Recent efforts have also demonstrated applications to measuring the thermal conductivity of 100 
µm thick biological tissues(6), using rigid planar sensor substrates. In typical configurations, a 
line-heater is evaporated and patterned onto the substrate of interest in a 4-point measurement 
configuration. A sinusoidal current is then applied to the line-heater, and the third harmonic of the 
voltage signal is measured as a function of frequency. The signal at the third harmonic is induced 
by a combination of the of a temperature oscillation at the second harmonic, which causes a 
resistance oscillation at the second harmonic due to the relation between resistivity and 
temperature, with the oscillation at the first harmonic. This oscillation in the line-heater is shown 

















where P is the power, l is the heater length, k is the thermal conductivity of the substrate, b is the 
half-width of the line-heater, dT/dR is the temperature coefficient of the line-heater, V3 is the 











where α is the thermal diffusivity and ω is the frequency in radians.  
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 While 3ω techniques are applied commonly to thin film applications on rigid, planar substrates, 
they have not yet been applied to the kinds of soft, flexible, stretchable substrates that are necessary 
for many biological applications. Here we present strategies, resultant challenges, and solutions 
for stretchable 3ω sensors for biological applications. 
7.2      Results and Discussion 
Straight line-heater geometries, which are typically used for 3ω applications, generally have 
poor mechanics for stretchable applications, because strain applied in the direction parallel to the 
line heater will quickly cause the metallic element to incur plastic deformation and eventual 
fracture. Serpentine and fractal geometries provide superior stretchability due to their ability to 
globally deform without inducing high levels of strain in the metal(7, 8). Additionally, the 
conventional rigid substrates used for 3ω applications do not provide any stretchability. With these 
issues in mind, we fabricated serpentine line-heaters on soft, silicone sheets for stretchable and 
biointegrated applications using similar techniques as those detailed in the previous chapters. An 
example is shown in Figure 7.1A, where a 20 µm wide serpentine line-heater is printed onto a soft 
(elastic modulus of 60 kPa) silicone sheet, and then laminated onto the curved surface of an apple. 
Serpentine lead wires provide a 4-point measurement configuration. In order for the electronics to 
be suitable for stretchable and biological applications, they must be encapsulated from the 
environment, which also provides mechanical strain isolation. As in other devices, polyimide (PI) 
is a useful material for fully encapsulating the device (Fig. 7.1B). The device in this final fabricated 
form is amenable to the application of standard 3ω techniques. A constant sinusoidal current 
(constant meaning independent of load resistance – ideally consistent perfect sinusoid) is applied 
using an AC current source (6221, Keithley, USA) and both the first and third harmonic voltages 
are measured using a digital lock-in amplifier (SR830, Stanford Research Systems, USA) for each 
signal. Visualization of the induced heating oscillations is apparent with thermal imaging (Fig. 
7.1C). 3ω measurements provide two straight-forward, but important, measurement possibilities 
related to skin-mounted electronics. One is to function as a skin contact sensor, as shown in Figure 
7.1D. In this case, changes in the measured third harmonic voltage are induced by changes in the 
quality of skin contact, even at a single measurement frequency, due to the resultant changes in 
the thermal transport properties of the medium immediately surrounding the sensor. In this way, a 
3ω sensor can be used to inform the user if important areas of the skin-mounted device have begun 
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to delaminate, which would diminish the quality of other measurements on the device. The second 
function is to probe the local thermal conductivity of skin, or potentially other soft tissues. An 
example of this type of signal measured on the fingertip, with and without lotion, and also on 
different fluids with thermal transport properties similar to those of bodily fluids, appears in Figure 
7.1E.  
 While the previously mentioned measurement techniques appear relatively straight-forward 
using previously published principles(1, 2, 6, 9), there are several details related to the 
stretchability requirements that complicate the analysis. One issue that must be considered is the 
influence of the PI encapsulation on the resultant measurement signals. The PI provides a thermal 
barrier in immediate contact with the sensor, and therefore alters the oscillation signal in the sensor. 
Finite element analyses (FEA) of the sensor system in Figure 7.2A, with varied PI encapsulation 
thicknesses, are shown in Figure 7.2B for a substrate thermal conductivity of 0.16 W m-1 K-1, 
thermal diffusivity of 1.103e-7 m2 s-1 and b = 10 µm. Similar analyses for a substrate with a thermal 
conductivity of 1.8 W m-1 K-1 and diffusivity of 1.655e-7 m2 s-1 are shown in Figure 7.2C. These 
results confirm one of the convenient aspects of the frequency domain 3ω measurements – small 
thermal barriers do not alter the slope (dΔT/dln(ω)) of the signal, which is used to calculate thermal 
conductivity, even though they may alter the magnitude of the signal. In the case of the PI, the 
FEA results indicate that the slope of the signal is not significantly altered for frequencies up to 
1000 Hz as long as the PI thickness is <2.5 µm. Our typical PI encapsulation thickness is 1 – 1.5 
µm, and is therefore a suitable thickness for 3ω analysis. A similar FEA analysis is presented in 
Table 7.1, which shows thermal decay lengths, at different frequencies and angular directions from 
the line-heater, for a model line-heater at a PDMS-air interface.  
While the previous analyses demonstrated that the PI thickness in the direction perpendicular 
to the plane of the 3ω sensor is not a significant issue, issues related to the propagation of thermal 
waves in the place of the sensor provide much more significant challenges, especially in stretchable 
serpentine formats. One issue is that, for typical device geometries with a heater half-width of b = 
10 µm, the thermal penetration depth approaches the half-width at relatively low frequencies, as 
shown in Table 7.1, due to the low thermal diffusivity of typical biological media. The solution is 
to constrain the measurement frequencies to relatively low frequencies (<20 Hz), however this 
turns out to present a new challenge. An example of one these challenges is shown in Figure 7.3A, 
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which shows the relative change in measured thermal conductivity (using frequencies from 1 - 20 
Hz) as a function of applied substrate strain, using two different serpentine sensor geometries (a 
wide serpentine (Fig. 7.3B) and a Koch fractal (Fig. 7.3C)) that have been printed onto a soft (60 
kPA; Ecoflex 00-30, Smooth-On, USA) silicone sheet. Both geometries record a drop in measured 
thermal conductivity, measured under increasing strain, with the most significant drop in the Koch 
fractal (8% drop at 30% strain in the wide serpentine compared to 25% drop in the Koch fractal). 
These results were initially surprising, because the only reason that strain should impact the 
measurement would be if the strain caused a significant change in the temperature coefficient of 
the sensor. However, the results do not support this conclusion, because the Koch fractal 
experiences significantly lower levels of strain in the metal for a given substrate strain than the 
wide serpentine. Instead, we suspect that the device geometry has a significant influence on the 
measurement results. In order to test this hypothesis, we generated FEA results of thermal 
oscillations experienced by two Koch fractals, one scaled to be four times larger than the other, 
compared to a straight line-heater. These results are presented in Figure 7.3(D and E) and confirm 
that the 3ω signal of the Koch fractal results in an artificially low thermal conductivity calculation 
at low frequencies, and that this artificial depression is more pronounced with the smaller version 
of the fractal. 
We suggest that the depressed thermal conductivity measurements in the various serpentine 
geometries are due to a self-proximity effect of the sensor, such that the thermal oscillations 
generated by one part of the sensor impinge onto another part of the sensor nearby. This effect 
would result in thermal oscillations superimposed on the sensor, which would ultimately affect the 
3ω signals. An approximate numerical analysis, presented in Figure7.4, illustrates the concept. We 
assume two line-heaters, in series and therefore subjected to the same oscillating current, near to 
each other and in parallel as shown in Figure 7.4A. The thermal oscillation induced by one of the 
line-heaters within itself and at a distance x away (Fig. 7.4B) can be approximated by numerical 
calculation of the average thermal oscillation as a function of distance from a line-heater of half-
width b (Fig. 7.4C). A combination of the signal within the wire itself with the signal at a distance 
x away approximates the signal experienced by either portion of the wire as a result of the self-
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where A is the thermal oscillation magnitude calculated from equation (7.1) and B can be 
extracted from a numeral analysis of the oscillation strength as a function of distance from the 
heater (Fig. 7.4C). The magnitude of the third harmonic voltage oscillation can then be numerically 
approximated for different spacings between lengths of wire. Figure 6.4(D and E) shows the signal 
at 200 µm and 240 µm, respectively. The calculated signal at different spacings is similar to the 
effect of applying global strain to the substrate, because the strain causes deformation in the 
serpentine shape, generally increasing the spacing. In this analysis, the third harmonic voltage with 
a 200 µm spacing is 3.766e-4 V at 1 Hz and 2.383e-4 V at 5 Hz and at 240 µm is 3.602e-4 V at 1 
Hz and 1.748e-4 V at 5 Hz. The result is that there is a 25% change in the slope of the third 
harmonic voltage as a function of frequency for a 20% strain, which is similar to the change seen 
in the experimental results for the Koch fractal in Figure7.3. A similar numerical analysis for a 
40% strain in the large serpentine design predicts a 4% drop in measured thermal conductivity 
between 2 Hz and 10 Hz, which corresponds well to the 6% drop measured in experiment. While 
the agreement between physical and numerical experiments is quite good, caution should be used 
when attempting fully quantitative predictions. Strain deformations are not exactly equivalent to 
simply moving two parallel wires further apart, and strain can also result in anisotropic changes in 
the thermal conductivity of the elastic polymer supporting substrate(10). 
The results presented thus far would suggest that the most ideal 3ω sensor is one which has a 
serpentine geometry, but in such a way that the closest points of self-proximity are beyond the 
thermal propagation distance. One could consider serpentine designs with very large spacings, 
however these can be difficult to release and transfer print reliably. Instead, one might attempt to 
use a serpentine design with relatively close features, and restrict the measurement frequencies to 
those that are high enough to have a rapid decrease in thermal oscillation strength away from the 
heater (Fig. 7.5A). However, for this to work, the heater/PI encapsulation half-width must also be 
relatively small, so that the majority of the thermal wave extends beyond the heater itself. This 
point is illustrated in Figure 7.5(B and C), which show the thermal oscillation magnitude of a line-
heater for a half-width of b = 30 µm and b = 3µm, respectively. Ideally, we would like the wave 
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domain (Table 7.1) to be at least 10b, and decreasing b by a factor of 10 results in almost a factor 
of 100 increase in maximum allowable frequency (Fig. 7.5D). Higher frequencies have the added 
benefit of having much faster measurement sampling rates in experiment (Fig. 7.5D, x-axis), which 
can be useful in biological experiments. A small serpentine design, with a 5 µm wide Au sensing 
wire (PI is ~10 µm wide) (Fig. 7.6), fabricated using the techniques described in Chapter 6, 
provides a more optimized sensor design that retains stretchability by using measurements at 
higher frequencies. One way to assess the strain sensitivity and operable frequency ranges of 
different designs is to examine the thermal conductivity (calculated from experimental 
measurements) as a function of frequency at different strains. The results for the large serpentine, 
Koch fractal, and small serpentine are shown in Figure 7.7(A-C) respectively. The large serpentine 
shows strain sensitivity at low frequencies, a relatively flat region from 10 – 30 Hz, and then a 
sharp rise above 30 Hz, presumably due to the relatively large half-width of the heater and 
encapsulation. The Koch fractal shows a more complex strain and frequency response, likely due 
to the relatively complex shape. The small serpentine shows significant strain response at low 
frequencies, and an apparent optimal frequency region of 100 – 250 Hz that is flat, and insensitive 
to strain. Indeed, this region agrees well with the assessment of thermal propagation related to 
heater half-width. Additionally, the increase in thermal conductivity as a function of strain (as 
opposed to the decrease shown with the other designs at low frequencies) is also seen using the 
same types of numerical analyses as discussed for the other designs. FEA experiments of these 
small serpentine designs would be valuable for increasing our understanding of the effect. 
The results presented here provide a foundation of ideas that must be considered when 
designing 3ω sensors for stretchable applications. While serpentine shaped sensor wires provide 
desired stretchability mechanics, they also introduce a complication that we have suggested is 
related to a self-proximity effect of propagating thermal waves. Experimental results, FEA 
simulations and approximate numerical models support the idea that a superposition of thermal 
signals generated by the self-proximity of a serpentine sensor wire alters the measured third 
harmonic signal from that of a straight line-heater. In addition, the data support that these signal 
changes are a strong function of the distance between portions of the wire, and are therefore a 
function of strain in the substrate, independent of any strain-induced thermal conductivity changes 
in the supporting substrate, which complicate the effect due to their anisotropy(10). While our data 
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supports these conclusions, we suggest that additional experimental characterization and 
simulations may help elucidate the full details of the interactions. 
7.3      Materials and Methods 
Fabrication of devices for 3ω sensing 
Fabrication begins with a 3” Si wafer coated with a 200 nm layer of poly(methyl methacrylate) 
(PMMA 495 A2, Microchem, USA). Photolithographic patterning, through a quartz photomask 
and with a broadband Hg UV lamp, developed in an isopropanol/methyl isobutyl ketone solution, 
defines the anchor points in the PMMA. The wafer is then spin-cast with a 1.5 µm of polyimide 
(PI-2545, HD Microsystems, USA).Photolithographic patterning of a bilayer of Cr (6 nm)/Au (100 
nm) deposited by electron beam evaporation defines the sensor and interconnects. A second layer 
of polyimide (1.5 µm) places the sensing/heating elements in the neutral mechanical plane and 
provides electrical insulation and mechanical strain isolation. Reactive ion etching of the 
polyimide defines the mesh layout of the array and exposes the bonding locations. A water-soluble 
tape (3M, USA) enables removal of the mesh layout from the Si wafer, to expose its back surface 
for deposition of Ti (3 nm)/SiO2 (30 nm) by electron beam evaporation. Transfer to a silicone layer 
(100 µm; Ecoflex, Smooth-On, USA) spin-cast onto a glass slide, surface treated to reduce 
adhesion of the silicone, results in the formation of strong bonds due to condensation reactions 
between exposed hydroxyl groups on and the SiO2 and silicone. Immersion in warm water allows 
removal of the tape. A thin (100 µm), flexible, conductive cable (HST-9805-210, Elform, USA) 
bonded with heat and pressure to contacting pads at the periphery serves as a connection to external 
electronics. The silicone sheet with device is then removed from the glass slide to produce a 
flexible, stretchable sensor format. 
Measurement electronics for 3ω sensing 
 The flexible cable from the thin film device is bonded to a custom printed circuit board, which 
is wired to the measurement electronics. A sinusoidal current is supplied by a precision AC current 
source (6221, Keithley, USA) and the first and third voltage harmonics are recorded by two digital 
lock-in amplifiers (SR830, Stanford Research Systems, USA). The first harmonic is measured to 
allow for changes in ambient temperature that would be experienced in biological applications. 
The lock-in amplifiers are phase-locked to the AC current source via a 10 µs TTL voltage pulse at 
each 0° phase passing of the current source. The lock-in amplifiers are set with a 1 s settling time, 
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high reserve, no line filters and a 24 dB rolloff filter. The lock-in amplifiers and AC current source 
are controlled by a custom computer program (LabVIEW, National Instruments, USA) via a GPIB-
USB interface. 
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7.5      Figures 
 
Figure 7.1: 3ω sensors for flexible, stretchable substrates. (A) Optical image of a serpentine 
line heater printed onto a thin silicone substrate and applied to the skin of an apple. (B) Cross-
section of the sensor geometry. PI encapsulation encapsulates the electronics from the 
environment, and also provides mechanical support. (C) Infrared thermal images showing the 
serpentine heater oscillations at 1 Hz. (D) 3ω sensors provide two useful measurement functions 
to skin-mounted electronics, such as an epidermal contact sensor and (E) a local hydration sensor 





Figure 7.2: Influence of PI encapsulation on 3ω signals. (A) Cross-section of sensor geometry, 
reproduced from Fig. 7.1B. (B) Sensor temperature oscillations, calculated using FEA, from 0.01 
Hz to 1000 Hz for different PI encapsulation thicknesses and a substrate thermal conductivity of 
0.16 W m-1 K-1 and diffusivity of 1.103e-7 m2 s-1 and b = 10 µm. (C) Same calculations as in (B), 
but for a thermal conductivity of 1.8 W m-1 K-1 and diffusivity of 1.655e-7 m2 s-1. PI encapsulation 
changes the magnitude of temperature oscillations, but not the slope at low frequencies, depending 





Figure 7.3: Impact of global device strain on thermal conductivity measurements. (A) 
Changes in measured thermal conductivity, using 3ω measurements from 1-20 Hz, as a function 
of strain for (B) a wide serpentine design and (C) a Koch fractal design. While the Koch fractal 
provides superior mechanical tolerance, the thermal conductivity measurement is significantly 
more sensitive to strain. (D) Fractal model showing dimensions simulated for (E), which shows 
temperature oscillations, calculated using FEA, for a straight line-heater compared to different 
sized Koch fractals. Both fractals approach the slope of the straight line-heater at high frequencies, 





Figure 7.4: Approximations of thermal signal changes induced by proximity of two line-
heaters at different spacings. (A) Simplified model of a serpentine line-heater used in 
approximations. (B) Calculated temperature oscillations of a single line-heater within the heater 
itself, and at a distance 200 µm away. (C) Thermal oscillation strength is determined based on the 
calculated average temperature oscillation as a function of distance. (D) Simulated measured 3ω 
voltage, with a probing current at 1 Hz, that would be induced in a line-heater that has a second 
line-heater, which is subject to the same probing current as the first, at a distance 200 µm (3.766e-
4 V) and (E) 240 µm (3.602e-4 V) away. This effect is similar to what would be experienced in a 
serpentine wire after undergoing 20% strain, and causes an error in the calculated temperature 






Figure 7.5: Theoretical solution to the problems induced by strain. (A) The thermal penetration 
depth is a function of frequency. The thermal oscillation magnitude as a function of distance drops 
much more rapidly at higher frequencies. However, a reduction in thermal penetration depth also 
requires a reduction in the sensor wire width, so that the majority of the thermal wave probes the 
medium of interest. Calculated temperature oscillation curves as a function of frequency for (B) a 
sensor wide half-width of 30 µm and (C) 3 µm show the importance of narrow wide widths at 
higher frequencies. (D) Wave domain (WD – distance where thermal oscillation strength drops to 
1% of maximum, calculated in Table 7.1) normalized by sensor half-width for different sensor and 
PI geometries. (E) Magnified view of the region where WD/b = 10. The measurement time per 
frequency point corresponds to the experimentally determined minimum settling time needed for 





Figure 7.6: 3ω sensor designs for high probe frequency, stretchable applications. (A) Optical 
micrograph of a serpentine wire with Au wide half-width of 0.75 µm and PI half-width of 5 µm 
before transfer printing (magnified view in (B)) and (C) after transfer printing to a silicone sheet 





Figure 7.7: Measured thermal conductivities for different sensor designs, strains, and 
frequencies. Thermal conductivity calculated as a function of frequencies for different levels of 
strain for the (A) large serpentine design (Fig. 7.3B), (B) Koch fractal (Fig. 7.3C) and (C) small 
serpentine design (Fig. 7.6). (D) Calculated thermal conductivities as a function of strain for each 






Table 7.1:  Relative thermal oscillation strengths as a function of normalized distance from 




FLEXIBLE, STRETCHABLE ELECTRONICS FOR MINIMALLY INVASIVE 
INTERVENTIONAL SURGICAL PROCEDURES 
8.1      Introduction 
Minimally invasive tools for medical diagnostics and therapy, such as guidewires and 
catheters, are highly desirable and increasingly common in modern medicine(1, 2) due to a proven 
reduction in post-operative infection and other complications(3-5). The logical next step from the 
early tools that provided purely mechanical therapies, such as angioplasty balloons and rigid stents, 
was to integrate electronics sensors and actuators onto the tips of such tools. Ablation catheters are 
now commonplace(6) and MEMS and related technologies have even enabled surgical guidewires 
for flow and pressure measurements(7-9) and instrumented balloon catheters(10-12). Such 
systems are now commercially available from companies such as St. Jude Medical, Medtronic, 
Boston Scientific and Volcano. While strides have been made in recent years in these technologies, 
there is significant room for improvement. For example, current commercial instrumented 
guidewires contain a single Doppler crystal and pressure sensor for coronary flow reserve (CFR) 
measurements. The ability to integrate many varied microscale sensors and actuators onto the tip 
of standard surgical guidewires (350 µm in diameter) would be powerful. Recent efforts have been 
made in integrating wafer-based thin film devices onto guidewires(13, 14), however they depend 
on manual adhesion of sensors to the wire, and do not solve the issue of multiple sensor arrays of 
full body-length wiring. 
Here, we describe techniques for integrating arrays of flexible, stretchable electronics onto 
surgical guidewires, with demonstrated translation to balloon and rod catheters. We demonstrate 
arrays of hot-wire flow sensors as a proof of concept, and provide the foundation for applications 
to a range of devices printed onto interventional surgical tools, including single crystalline 
semiconductors. Of critical importance is the development of a rolling transfer printing technique 
that is amenable to automated fabrication, for low cost high volume production, as well as full 
length wiring of the devices for surgical implementation. 
8.2      Results and Discussion 
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The guidewire-mounted devices incorporate a thin film array of sensors/actuators that are 
laminated circumferentially near the distal tip of the guidewire, as shown in Figure 8.1. We print 
the electronics onto nitinol guidewires (Fig. 8.1A) (Tegra Medical, USA). Nitinol is a nickel-
titanium alloy known for its extraordinary mechanical properties, such as shape memory and 
superelasticity(15). The wires used here are formulated to be in the superelastic regime at body 
temperature, which allows the wires to navigate to tortuous paths of the human vascular system 
without plastic deformation. We print hot-wire flow sensing arrays, comprising four flow sensors 
in this case, near the tip of the guidewire (Fig. 8.1B). Connections to external electronics consist 
of thin, insulated Cu wires (44+ AWG, Elektrosola, USA) that are directly soldered to bonding 
pads patterned on the thin film device. A thin-walled heat shrink polymer sheath (Vention Medical, 
USA) confines the Cu wires to the guidewire throughout its length, and provides encapsulation 
from bodily fluids (Fig. 8.1C). 
The process for printing the electronics onto the <1 mm diameter (demonstrated down to 350 
µm diameter) guidewire is a modified version of transfer printing with elastomeric stamps. In 
typical transfer printing, the device is picked up from a planar substrate and printed onto another 
planar substrate. Here, the devices are printed onto a curvilinear substrate via a rolling transfer 
process. The devices are fabricated on a planar substrate (Fig. 8.2A) to ensure compatibility with 
conventional microfabrication processes. Following dissolution of the sacrificial layer, with the 
device shape maintained by the previously described tethering process (Chapter 6), an elastomeric 
stamp is applied to the device (Fig. 8.2B) and rapidly separated from the substrate to transfer the 
device to the stamp (Fig. 8.2C). We then apply the stamp to the guidewire, with the device offset 
to one side of the guidewire (Fig. 8.2D), and then slowly translate the stamp perpendicular to the 
wire axis (Fig. 8.2E), which causes the guidewire to roll beneath the stamp and transfers the device 
to the guidewire (Fig. 8.2F). A soft silicone bilayer (Silbione, Bluestar Silicones, USA and Ecoflex 
00-30, Smooth-on, USA) coated on the guidewire surface, applied via drawing process, assists 
adhesion of the device to the wire. Additional detailed photographs and scanning electron 
micrographs appear in Figure 8.3A. 
An example of a fully functional intravascular blood flow sensor array on a standard cardiac 
guidewire (350 µm diameter), fabricated and printed using the previously described process, 
appears in Figure 8.3. A key challenge is the wiring to external electronics. The typical guidewire 
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is 1.75 m in length (left inset in Fig. 8.3A), which provides adequate length to insert the wire into 
the femoral vein and guide it to the heart, through the abdominal aorta. This places the active 
electronics at least 1.75 m away from the electronic output of the wire, the majority of which is 
inside the body. The use of narrow diameter (44+ AWG) wires and biocompatible, thin-walled 
polymer sheaths allows for complete wiring of any wire length. An illustration of the device flow 
sensing principle appears in Figure 8.3B. For a hot-wire flow sensor placed in a laminar flow 
channel (blood flow in a vessel is generally considered to be partially developed laminar flow, but 
is dependent of the specific geometry at the location of interest(13)), the temperature change of 










where q is the power generated in the hot-wire, α is the thermal diffusivity of the medium, L is the 
length of the wire in the direction of flow, k is the thermal conductivity of the medium and S is the 
shear rate. The extremely thin profile of the encapsulation between the sensor and the fluid results 
in a response time on the order of several milliseconds(16). This results in an ability to capture 
high frequency signals that may be associated with valve function or dysfunction and turbulent 
flow(17, 18). An example of this concept, captured with a pulsatile flow system to simulate signals 
produced by the heart, appears in Figure 8.3C. Flow through the pulsatile system at 150 beats per 
minute (BPM) produces additional oscillatory signals at higher frequencies (red line), while 
applications of an inline flow damper removes the majority of all pulsatile signals (black line). A 
more detailed example appears in Figure 8.4, where an increase in pulse rate of the peristaltic pump 
also increases the overall flow rate. Both signals are readily captured by the device, where the raw 
signal captures the pulsatile changes and the overall change in flow rate is captured by a running 
average of the raw signal. An additional demonstration of device sensitivity involves using a small 
rod to hit the outside of flow tube near the sensor. This external physical disturbance on the tube 
induces independent flow signals that readily recorded by the guidewire-mounted flow sensors 
inside the flow tube (Fig. 8.5A). 
 The benefit of having an array of flow sensors around the circumference of the wire, as opposed 
to only a single sensor, is related to the uncertainty in guidewire placement during surgery. Because 
the flow profile inside a vessel is in a partially developed laminar regime, the flow velocity is not 
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radially constant over the cross-section of the vessel. The flow velocity will be at a minimum near 
the vessel wall and maximum in the center of the cross-section. As a result, the flow velocity 
recorded via the flow sensors will depend on where the guidewire tip in placed within the cross-
section. This can be difficult to control in surgery, because visualization of the vessels takes the 
form of a 2-dimensional X-ray projection of the 3-dimensional vasculature, and the vessels do not 
show up in the X-ray without indicator dyes. An array of flow sensors, in this case spaced 90° 
apart around the circumference of the wire, allows for calculation of the guidewire position in the 
vessel, based on simultaneous readings from multiple sensors. An example is shown in Figure 
8.5B, where ‘Ch1’ and ‘Ch2’ correspond to the readings of two sensors on the guidewire. The 
vertical dashed lines indicate the point at which the wire is moved within in the cross-section of 
the vessel. Significant but unequal changes appear in each sensor at each movement time, because 
the shear rate local to each sensor depends on the position. By combining the signal from all 
sensors, one can potentially determine the position and overall flow profile in the vessel, giving an 
accurate and position-independent measure of intravascular flow. 
While the main concepts of this work have been focused on printing metallic blood flow sensor 
arrays on nitinol guidewires, we have also explored the possibility of transferring the techniques 
to related devices for minimally invasive interventional surgery. Balloon and rod catheters provide 
two other device platforms of interest, and the concepts here translate readily to fabrication on 
devices of this sort. We have printed thin film, narrow wire filament devices on both balloon 
catheters (Fig. 8.6A) and rod catheters (Fig. 8.6B). Balloon catheters are particularly interesting 
due to their requirement for soft stretchability to conform to the blood vessel wall. Detailed 
discussions of these concepts, in coordinated efforts with collaborators, are described in detail 
elsewhere(11, 12). 
A future interest that has the potential to enable powerful interventional tools, but is 
particularly challenging for narrow guidewire devices (diameter <500 µm), is the application of 
high performance single crystal semiconductor materials to guidewires. These materials, printed 
onto guidewires, have the potential for significant impact in areas that can benefit from 
semiconductor electronics in microscale biological vessels. Neurostimulation and recording, 
optogenetics, and minimally invasive neurogenic recording of signals in narrow internal vessels 
provide a few avenues of interest. The challenge of this application is the tolerance to two separate 
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sources of bending stress in the device. First, the device must be able to conform to the wire, which 
requires a bending radius on the order of the wire radius (Fig. 8.7A). Second, the device must be 
mechanically tolerant of bending that occurs along the long axis of the wire during surgery (Fig. 
8.7B). The latter bending source is particularly challenging, because the device is placed far from 
the neutral mechanical bending plane due to the nature of the electronics printed on the outer 
surface of the wire. As an example, a 3.2 µm thick GaN LED, 50 µm on each side, is calculated to 
be tolerant of a minimum wire radius of 156 µm with a delamination angle of 28°, and minimum 
guidewire bending radius (i.e. bending along the long-axis of the guidewire) of 9.05 mm. One 
potential solution that assists with both problems is the application of a low modulus silicone layer 
between the outer surface of the guidewire and the electronics (Fig. 8.7(C and D)).  
The devices and concepts presented here lay the foundation for a set of technologies that enable 
the direct insertion, in a minimally invasive manner, of high performance, miniaturized electronic 
arrays into internal areas of the body that would otherwise be accessed with highly traumatic 
surgery. Key aspects include the development of a release and rolling transfer print process for 
printing thin film electronic arrays onto guidewires, thermal and mechanical design considerations 
for high performance devices, and full length device wiring and encapsulation for surgical 
implementation. 
8.3      Materials and Methods 
Fabrication begins with a 3” Si wafer coated with a 200 nm layer of poly(methyl methacrylate) 
(PMMA 495 A2, Microchem, USA). Photolithographic patterning, through a quartz photomask 
and with a broadband Hg UV lamp, developed in an isopropanol/methyl isobutyl ketone solution, 
defines the anchor points in the PMMA. The wafer is then spin-cast with a 1.5 µm of polyimide 
(PI-2545, HD Microsystems, USA). Photolithographic patterning of a bilayer of Cr (6 nm)/Au (75 
nm) deposited by electron beam evaporation defines the sensing/heating elements. A second 
photolithographic patterning of a metal stack of Ti (10 nm)/Cu (550 nm)/Ti (20 nm)/Au (25 nm) 
defines the interconnect wires. A second layer of polyimide (1.5 µm) places the sensing/heating 
elements in the neutral mechanical plane and provides electrical insulation and mechanical strain 
isolation. Reactive ion etching of the polyimide defines the mesh layout of the array and exposes 
the bonding locations. Photolithographic patterning of a final thick Cu layer (2 µm) provides 
enough metal of the bonding pads for soldering. Either an elastomeric stamp for transfer printing 
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(Sylgard 184 mixed 4:1, Dow Corning, USA) enables removal of the mesh layout from the Si 
wafer, to expose its back surface for deposition of Ti (3 nm)/SiO2 (30 nm) by electron beam 
evaporation. UV-ozone exposure of the soft silicone bilayer (Silbione, Bluestar Silicones, USA 
and Ecoflex 00-30, Smooth-on, USA) coated on the guidewire surface improves the adhesion of 
the device to the guidewire, and provides mechanical strain relief. Connections to external 
electronics consist of thin, insulated Cu wires (44+ AWG, Elektrosola, USA) that are directly 
soldered to bonding pads patterned on the device. A thin-walled heat shrink polymer sheath 
(Vention Medical, USA) confines the Cu wires to the guidewire throughout its length. A final 
coating of polyurethane (Tecoflex SG-80A, Lubrizol, USA – dissolved in Methylene Chloride) 
provides the final encapsulation. 
For hot-wire flow measurements, a constant current source (6220, Keithley, USA) provides a 
controlled input power and a 22-bit digital multimeter (USB-4065, National Instruments, USA) 
provides voltage readings. 
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8.5      Figures 
 
Figure 8.1: General features of thin film electronic arrays printing onto sub-millimeter 
nitinol surgical guidewires. (A) Optical image of a representative 700 µm diameter nitinol 
guidewire with (B) an array of four hot-wire flow sensors printed onto it. (C) 44+ AWG insulated 
copper wires, soldered to bonding pads on the thin film device, provide connections to external 





Figure 8.2: Schematic of the transfer printing process for thin film electronics printed onto 






Figure 8.3: Details of hot-wire flow sensors printed onto 350 µm diameter nitinol guidewires. 
(A) Optical images and scanning electron micrograph (right inset) of a flow sensor array on a 350 
µm diameter nitinol guidewire. (B) Illustration showing the basic concept of the flow sensing with 
the hot-wire sensor. Temperature changes in the heated sensor are a function of the shear rate of 
the local fluid. (C) Representative data from a flow sensor on a 350 µm diameter nitinol guidewire. 
Here, the guidewire is inserted into a synthetic pulsatile flow channel. The red line indicates the 
captured by the sensor with a flow pulsing frequency of 2.5 Hz. The higher frequency oscillations 
are indicative of turbulent oscillations, and illustrate the rapid response time of the sensor. The 






Figure 8.4: Change in thermal signal induced in the guidewire-mounted flow sensor by 
changes in flow rate. (A) Overall change in flow signals induces by increasing flow pulsation rate 
(which increases overall flow rate proportionally) from 12.5 mL/min to 125 mL/min, and then 
back to 12.5 mL/min. (B) The rapid signal oscillations at any given flow rate are induced by the 





Figure 8.5: Guidewire-mounted sensor response to environmental changes. (A) Response to 
external disturbance of the flow environment, induced by hitting the outside of the flow channel 
repeatedly with a rod. (B) Change in multiple simultaneous sensor signals induced by moving the 
guidewire within the cross-section of the flow channel. Each vertical dashed line indicates 
movement to a different location in the flow channel. Some locations cause a significant reduction 
in individual sensor signals, because those locations causes the sensor to be near the wall of the 
vessel where the shear rate is low. The use of multiple sensor simultaneously allows for 





Figure 8.6: Thin film sensors printed onto commercial tools for interventional cardiology. 





Figure 8.7: Potential design concepts for strain relief in guidewires for single crystalline 
semiconductors. Devices printed onto ordinary guidewires experience bending stress due to (A) 
the device conforming the wall of the guidewire and (B) due to bending along the long-axis of the 
guidewire, which places the electronic component far away from the  neutral mechanical plane. 
(C,D) The addition of a low modulus silicone adhesive layer acts as a strain relief layer for both 




CONCLUSIONS AND OUTLOOK 
9.1      Conclusions 
We believe flexible, stretchable, thin film arrays of thermally based sensors and actuators, such 
as the types outlined in the previous chapters, provide a significant step forward in the next 
generation of biointegrated electronics. One of the most powerful aspects of these devices is their 
relative simplicity in fabrication and function. While single crystal semiconductor components 
play some role in certain aspects of this work, and provide a route to significantly more powerful 
devices of this sort in the future, the devices here are predominantly constructed using pure metals 
and ubiquitous, inexpensive polymers. The result is that the path to cost effective, high volume 
production of these devices is relatively straight forward, compared to flexible/stretchable 
semiconductor devices, due to comparatively simpler fabrication processes. As of this writing, we 
are beginning the first steps of manufacturing, with pilot production at contract facilities. Our pilot 
runs, which have 20 – 100 devices per batch, currently result in a cost of goods of ~$10-
$100/device. Much of this cost is related to experimental tooling cost of the pilot runs, and we 
expect the cost per device to drop by an order of magnitude if the production volume is scaled up 
significantly. An additional benefit of the device construction, due to the predominantly metallic 
nature of the devices, is that they are extremely robust and amenable to repeated, long-term 
applications that involve significant mechanical strain. The final devices are typically perceived 
as very fragile by the scientists and clinicians we have collaborated with over the past four years. 
However, they are surprised at how robust the devices are, and how little care is actually required 
in handling them. The repeated use of these devices in clinical studies(1), such as the ones 
described in Chapter 2, where a single device is often used for >100 applications, is a testament to 
their robustness.  
The technological value of this work results from the new types of long term, continuous 
measurements that of clinical value, which are enabled by the combination of ultrathin, tissue-
conforming electronics and high precision thermal measurements. The concept of using thermal 
measurements on skin and tissue to gain insights into physiological status is not new. However, 
previous techniques have not been highly valuable or practical in clinical settings, primarily due 
to reasons related to bulky, rigid electronics, and as such have not extended beyond the initial 
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research concepts. The applications of thermal transport measurement and actuation techniques 
integrated with ultrathin, flexible, stretchable electronics enables an unprecedented level of 
precision, accuracy and long-term measurement potential, as described in the previous chapters. 
9.2      Outlook 
While the devices here have proven to be valuable tools for clinical medicine, there are still 
key deficiencies to be addressed, as well as more general areas for potential improvements in the 
future. One significant challenge that must be overcome for these devices to be put into everyday 
use by the general population is that they must be completely wireless. This is a challenge that we 
are presently working on, and are confident will be solved, but still has several distinct challenges. 
Data communication and power delivery are two separate systems, both of which must become 
wireless in some form. Equally as important will be crisp software integration with a back-end 
receiver, likely a smartphone, as well as data analysis algorithms on the clinical side to improve 
data assessment by clinicians. There are several options for wireless data communication, 
including both analog and digital wireless signals. Analog communication has the benefit of 
potentially being fabricated from entirely thin film components and low power consumption, but 
relatively poor signal quality. Digital signals, such as Bluetooth platforms, provide a more 
appealing near-term solution, but currently require the use of commercially manufactured rigid 
components. Recent work by Xu, S., et al.(2) provides one possible integration technique involving 
small fluid-packed components. There are also several options for power delivery, including 
integration of micro batteries(3, 4), solar cells(5), piezoelectric energy harvesters(6), near field 
coupling(7), and radio frequency harvesting. Ultimately, a device that successfully functions for 
24 hours per day for weeks at a time will likely integrate several of these approaches.  
Additional opportunities also exist for applying forms of the thermally based techniques 
presented here in new ways, as well as creating more multi-functional devices that include many 
varied sensors and actuators. Many of the potential applications for the thermally based techniques 
involve actuating the skin in some way with local, precision heating. This ability, combined with 
the long-term wearable nature of the device, has potential in transdermal drug delivery(8), wound 
healing(9), interactions with the human microbiome(10), cardiac and other organ ablation 
therapy(11), and modification of neurogenic and nitric oxide mediated control of tissue 
perfusion(12-15). The potential benefit of combining the techniques here with other 
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sensor/actuator techniques on skin and tissue mounted devices is broad, and many new ideas will 
undoubtably be demonstrated in the future. One obvious application of interest to the cosmetic 
community for improved skin characterization is the integration of demonstrated techniques in 
skin electrical(16) and mechanical characterization(17) with the thermal characterizations 
demonstrated here. Application of the tissue-conforming blood flow techniques presented in 
Chapter 4 to continuous blood flow measurement on internal organs and nerves provides an 
additional application of strong interest. 
Overall, we believe the fabrication techniques, mechanical and thermal design, and clinical 
applications of the devices presented here provide a strong foundation for a class of skin and tissue 
mounted thermal electronics that provide significant new value to overall human healthcare. 
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SUPPLEMENTARY INFORMATION TO CHAPTER 2 
This appendix was published as the supplementary information for "Ultrathin conformal 
devices for precise and continuous thermal characterization of human skin," by R. C. Webb†, A. 
P. Bonifas†, A. Behnaz, Y. Zhang, K.J. Yu, H. Cheng, M. Shi, Z. Bian, Z. Liu, Y. S. Kim, W.-H. 
Yeo, J. S. Park, J. Song, Y. Li, Y. Huang, A. M. Gorbach and J. A. Rogers, Nature Materials 12, 
938-944 (2013). Reproduced with permission from the publisher. The analytical and finite element 
derivations presented in this chapter are outcomes of close collaborations and joint work with 
theorists. 
A.1      Notes for Chapter 2 
Supplementary Note 1: Fabrication procedure for 4 x 4 TCR sensor arrays 
Prepare polymer base layers 
1. Clean a 3” Si wafer (Acetone, IPA -> Dry 5 min at 110 °C). 
2. Spin coat with PMMA (poly(methyl methacrylate), spun at 3,000 rpm for 30 s). 
3. Anneal at 180 °C for 1 min. 
4. Spin coat with polyimide (PI, poly(pyromellitic dianhydride-co-4,4′ -oxydianiline), amic 
acid solution, Sigma-Aldrich, spun at 4,000 rpm for 30 s). 
5. Anneal at 110 °C for 30 s. 
6. Anneal at 150 °C for 5 min. 
7. Anneal at 250 °C under vacuum for 1 hr. 
Deposit first metallization 
8. E-beam 5/40 nm Cr/Au. 
9. Pattern photoresist (PR; Clariant AZ5214, 3000 rpm, 30s) with 365 nm optical lithography 
through iron oxide mask (Karl Suss MJB3). 
Develop in aqueous base developer (MIF 327). 
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10. Etch Au with TFA Au etchant (Transene). 
11. Etch Cr with CR-7 Cr Mask Etchant (Cyantek). 
12. Remove PR w/ Acetone, IPA rinse. 
13. Dry 5 min at 150 °C. 
Isolate first metallization and pattern via holes 
14. Spin coat with PI. 
15. Anneal at 110 °C for 30 s. 
16. Anneal at 150 °C for 5 min. 
17. Anneal at 250 °C under vacuum for 1 hr. 
18. Pattern photoresist (PR; Clariant AZ4620, 3000 rpm, 30s;) with 365 nm optical lithography 
through iron oxide mask (Karl Suss MJB3). 
Develop in aqueous base developer (AZ 400K, diluted 3:1). 
19. Reactive ion etch (RIE; March CS-1701, 50 mTorr, 20 sccm O2, 150 W, 35 min). 
Deposit second metallization 
20. E-beam 5/200 nm Cr/Au. 
21. Pattern PR AZ5214. 
22. Etch Au with TFA Au etchant. 
23. Etch Cr with Cr Mask Etchant. 
24. Remove PR w/ Acetone, IPA rinse. 
25. Dry 5 min at 150 °C. 
Isolate entire device 
26. Spin coat with PI. 
27. Anneal at 110 °C for 30 s. 
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28. Anneal at 150 °C for 5 min. 
29. Anneal at 250 °C under vacuum for 1 hr. 
30. Pattern PR AZ4620. 
31. RIE (50 mTorr, 20 sccm O2, 150 W, 35 min). 
Release and transfer 
32. Release w/ boiling Acetone. 
33. Transfer to PDMS stamp. 
34. E-beam 3/30 nm Ti/SiO2. 
35. Transfer to ~50 μm silicone sheet. 
36. Bond thin, flexible cable (Elform, HST-9805-210) using hot iron with firm pressure 
 
Supplementary Note 2: Fabrication procedure for 8 x 8 PIN sensor arrays 
p+ doping 
1. Clean a 320 nm SOI wafer (acetone, IPA, water, drying at 110°C for 5 min). 
2. Clean by Buffer Oxide Etch (BOE) 6:1 for 1 min. 
3. Deposit Plasma Enhanced Chemical Vapor Deposition (PECVD; Plasmatherm SLR730) 
SiO2 900 nm. 
4. Clean the wafer (acetone, IPA, water, drying at 110°C for 5min). 
5. Treat with HMDS for 3 min. 
6. Pattern PR (p+ doping). 
7. Anneal at 110°C for 5 min. 
8. Etch oxide in RIE (CF4: 40 sccm, O2: 1.2 sccm, 150W, 59 mTorr) for 30 min.  
9. Etch residual oxide in BOE (NH4F:HF=10:1) for 2 min. 
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10. Remove PR by acetone  
11. Clean by RCA 1 and RCA 2 for 10 min each 
12. Dip in BOE for 10 sec 
13. Expose to diffusive boron source at 1000°C for 25 min. 
14. Clean the processed wafer (HF 1min, RCA 1 for 10 min, RCA 2 for 10 min BOE 1 min). 
n+ doping 
15. Deposit PECVD SiO2 500 nm. 
16. Clean the wafer (acetone, IPA, water, drying at 110°C for 5 min). 
17. Treat with HMDS for 3 min. 
18. Pattern PR (n+ doping). 
19. Anneal at 110°C for 5 min. 
20. Etch oxide in RIE (CF4: 40 sccm, O2: 1.2 sccm, 150W, 59 mTorr) for 20 min.  
21. Etch residual oxide in BOE (NH4F:HF=10:1) for 1.5 min. 
22. Remove PR by acetone  
23. Clean by RCA 1 and RCA 2 for 10 min each 
24. Dip in BOE for 10 sec 
25. Expose to diffusive phosphorus source at 1000°C for 7 min. 
26. Clean the processed wafer (HF 1min, RCA 1 for 10min, RCA 2 for 10 min BOE 1 min). 
Oxide layer etching in SOI wafer 
27. Pattern PR (3 µm pitch dot patterns). 
28. Etch silicon by RIE (50mTorr, 40sccm SF6, 100W, 1 min). 




30. Spin coat with PMMA on the substrate (additional wafer, 3000 rpm 30 s). 
31. Anneal at 180 °C for 3 min. 
32. Spin coat with PI (4000 rpm, 60 s). 
33. Aneal at 110 °C for 40 s. 
Transfer printing 
34. Release Si layer with PDMS stamp from SOI wafer. 
35. Print Si layer onto prepared substrate. 
36. Anneal at 150°C for 4 min. 
37. Remove PR by acetone and IPA. 
38. Aneal at 250°C for 1 h under vacuum. 
Silicon Isolation  
39. Pattern PR. 
40. Etch silicon by RIE (50 mTorr, 40 sccm SF6, 100 W, 1 min) 
41. Remove PR by acetone and IPA. 
Pattern 1st via hole  
42. Deposit PECVD SiO2 100 nm. 
43. Pattern PR (holes). 
44. Open via holes with BOE for 1 min. 
45. Remove PR by acetone and IPA. 
Deposit 1st Metallization 
46. E-beam 10/100 nm Cr/Au. 
47. Pattern PR. 
48. Wet etch Cr/Au. 
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49. Remove PR by acetone and IPA. 
Isolate 1st layer and Pattern 2nd via hole 
50. Spin coat with PI (4000 rpm, 60 s). 
51. Anneal at 110°C for 3min at 150°C for 10 min. 
52. Anneal at 250°C for 2 h under vacuum. 
53. Pattern PR.  
54. Etch via holes by RIE (O2: 20 sccm, 200W, 150 mTorr) for 10 min. 
55. Remove PR by acetone and IPA. 
Deposit 2nd Metallization 
56. E-beam 10/700 nm Cr/Au. 
57. Pattern PR. 
58. Wet etch Cr/Au. 
59. Remove PR by acetone and IPA. 
Isolate 2st layer and Pattern 3nd via hole 
60. Spin coat with PI (4000 rpm, 60 s). 
61. Anneal at 110°C for 3 min at 150°C for 10 min. 
62. Anneal at 250°C for 2 h under vacuum. 
63. Pattern PR.  
64. Etch via holes by RIE (20 sccm O2, 200 W, 150 mTorr) for 10 min. 
65. Remove PR by acetone and IPA. 
Deposit 3rd Metallization 
66. E-beam 10/300 nm Cr/Au. 
67. Pattern PR. 
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68. Wet etch Cr/Au. 
69. Etch 3rd PI layer by RIE (20 sccm O2, 200 W, 150 mTorr) for 5 min. 
70. Pattern PR for ACF opening. 
71. Wet etch Cr/Au. 
72. Remove PR by acetone and IPA. 
73. Release and transfer 
74. Bond thin, flexible cable (Elform, HST-9805-210) using hot iron with firm pressure 
Supplementary Note 3: Temperature measurements and calibrations 
Temperature measurements of the TCR devices are recorded via a National Instruments PXI-
6289 board with custom electronics programmed with LabVIEW software with all 16 channels 
recorded simultaneously at a 15 ms sampling time. The probe current employed to measure 
resistance was selected to be 160 μA to avoid self-heating of the sensors, confirmed to be less than 
0.02 °C with IR thermometry, while maximizing signal to noise. A 16 bit A/D converter, an input 
range of ±200 mV, and a 160 μA probe current has 0.04 Ω bin sizes resulting in a bin size of 0.02 
°C at our sampling frequency of 66.67 Hz. The sampling frequency was limited by the data transfer 
speed of the laptop computer. 
Temperature sensor calibrations are performed by applying the devices to an aluminum plate, 
painted matte black, and set on a hot plate. For the TCR device, the hot plate is set to one of six 
temperature points from 25 °C – 50 °C, allowed to stabilize for 10 min, and then the resistances of 
all 16 sensors are recorded for 60 seconds. The temperature is recorded using an IR thermometer, 
and the resistance value for each sensor is given as the average of each sensor’s 60 second 
recording. This measurement is repeated for a total of six temperature points from 25 °C – 50 °C 
and is used to generate the calibration curves shown in Supplementary Figure A.2A. The 16 curves 
are separated into four groups of four, each group separated by a small resistance constant, due to 
the difference in interconnect length for each of the 4 rows. A typical value for the resistance 
change of a sensor due to temperature is 1.9 - 2 Ω·°C-1, as shown in Supplementary Figure A.2A. 
This resistance change corresponds to a TCR value of 2.5 x 10-3 °C-1, which is lower than the 
reported bulk Au value of 3.7 x 10-3 °C-1. Thin metallic layers typically have lower TCR compared 
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to their bulk material owing to a large constituent of temperature independent resistance caused by 
surface scattering(1). The generated calibration equation for each sensor is then applied to future 
measurements to convert resistance readings to temperature. Typical data points during a 150 s 
measurement period on the bench and on skin are shown in Supplementary Figure A.2(D and E), 
respectively. When data is averaged from 66.67 Hz to 2 Hz, which is shown in Supplementary 
Figure A.2(D and E), the standard deviations of the temperature readings over the 150 s periods 
are 0.012 °C and 0.021 °C for the sensor on the hot plate and on skin, respectively. If the data is 
averaged from 66.67 Hz to 0.5 Hz, the standard deviations drop to 0.008 °C and 0.014 °C on the 
hot plate and skin, respectively. It was observed that the absolute accuracy of the sensors would 
sometimes vary between experiments while maintaining the same temperature sensitivity, which 
would manifest itself in a constant offset in temperature reading. This is attributed to small 
variations in the contact resistance between the sensor contact pads and heat bonded cable used to 
connect to the data acquisition system. Because the sensors rely on a measurement of voltage drop 
through the circuit, a change in the contact resistance of the wire leads should manifest as a 
constant offset in temperature reading. This change was typically <5 °C over a period of months, 
and could be alleviated by the use of 4-point resistance measurements, or wireless data 
transmission in the future. To account for the potential constant resistance offset, the temperature 
reading of each sensor was compared to the IR camera reading at a single instance in time, and the 
difference was applied as a constant to each sensor’s calibration equation. This was deemed 
reasonable because the data of interest is precise temperature changes over time, as opposed to 
absolute temperature accuracy. 
 PIN devices were measured and calibrated in the same fashion as the TCR devices, but with a 
different data acquisition system. PIN diodes were measured using an Agilent 4155C parameter 
analyzer to measure the voltage drop at forward biased current levels of 10 μA and 20 μA, which 
show corresponding sensitivities of 2.34 mV·°C-1 and 2.44 mV·°C-1 respectively (Supplementary 
Fig. A.2(B and C)). Individual diodes can be addressed in the array in a multiplexed format by 
picking the proper row and column external contacts to apply bias, allowing current to only flow 
through a single diode at any given time in a format that allows for rapid switching. 
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Supplementary Note 4: Strain effects 
Finite element analysis (FEA) was used to study the effect of device strain on both the TCR 
and PIN based temperature sensors. For the TCR device, the sensors were assumed to be perfectly 
bonded to the elastomeric substrate for modeling purposes. An applied uniaxial strain of 10% was 
applied in the longitudinal direction at the upper end of the substrate while the lower end was 
clamped. The substrate was modeled by the hexahedron element C3D8R; the sensor arrays were 
modeled by the composite shell element S4R in the ABAQUS finite element program. The strains 
in the TCR elements in the longitudinal and horizontal directions shown in Supplementary Figure 
A.5(B and C) indicate small variation across the width direction of each TCR element. Each TCR 
element can be taken as many small resistors connecting in parallel in the width direction followed 
by a series connection in the length direction. Small variation of the strain in the width direction 
allows us to approximate the parallel connection with an average calculation, which leads to a 
simplified expression of the relative resistance change 
   1 1 1length widthR R      , where 
εlength and εwidth are the average strains in the length and width directions, respectively. This 
approximation gives the upper bound of the resistance change, which is confirmed with the 
comparison to the experiment as shown in Supplementary Figure A.5D. 
Unlike TCR devices with increased interconnect lengths of progressive sensor rows, the PIN 
device appears in a periodic mesh layout, which simplifies our analysis to a unit cell containing 
only one diode in the finite element analysis. Periodic boundary conditions were applied to ensure 
that each unit cell neither overlaps nor form gaps with adjacent cells, while a uniaxial 10% strain 
was applied. Element type selections are the same as described in the analysis for TCR device. 
Because silicon diodes are off from the neutral mechanical plane of the device, bending was 
induced even though only uniaxial strain was applied, as supported by the strain profiles at the top 
and bottom surfaces of Si diode in Supplementary Figure A.6. 
Supplementary Note 5: Thermal load on skin 
The thermal mass of the devices are determined for two practical constructions: with and 
without a 50 μm silicone supporting substrate. The devices have an overall aerial coverage of ~4 
cm2. The calculated thermal masses that follow are given as thermal mass per unit area of skin. 
The device construction for the TCR device contains approximately 120 μg·cm-2 of Au, 90 μg·cm-
2 of PI, and, for the case with a 50 μm silicone backing, 5 mg·cm-2 of silicone support (calculated 
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values). The material contributions to aerial thermal mass are: 15 μJ·cm-2·K-1 from Au, 125 μJ·cm-
2·K-1 from PI, and 7 mJ·cm-2·K-1 from the silicone backing (calculate values). This resulting 
overall device aerial thermal masses are 150 μJ·cm-2·K-1 for the case with no silicone support, and 
7.2 mJ·cm-2·K-1 for the case of a 50 μm silicone support. The PIN system has a denser device 
coverage, with resulting aerial thermal mass of approximately 500 μJ·cm-2·K-1 for the case with 
no silicone support, and 7.6 mJ·cm-2·K-1 for the case with the silicone support. The thermal mass 
of skin depends on the water content where thermal mass increases with skin hydration and water 
content(2). For hydrated skin, the heat capacity is approximately 3.7 J·cm-3·K-1, and the device 
aerial thermal mass (no support) of 120 μJ·cm-2·K-1 is equivalent to the aerial thermal mass of skin 
with a thickness of 320 nm (320 nm skin thickness times 3.7 J·cm-3·K-1 volumetric heat capacity 
equals 120 μJ·cm-2·K-1). For the PIN system with the silicone support (largest thermal mass), 
where the thermal mass is 7.6 mJ·cm-2·K-1, the device thermal mass is equal to a skin thickness of 
21 μm. 
Supplementary Note 6: Water vapor permeability 
In order to minimize the effect of the devices on skin hydration, the devices can be applied 
directly to skin with no supporting substrate, as discussed in the main text. In this case, the sensors 
are effectively a largely void mesh on the skin, leaving the majority of the skin in the region of the 
sensors open to air allowing for normal water vapor transport from the skin. In the cases where a 
silicone support is used for robustness, the 50 μm thick silicone sheet has a small impact on skin 
hydration (Supplementary Fig. A.8C) which results in a 5% (n = 6, range = 2.8% – 9.5%) change 
in skin hydration after 3 hours of continuous use on the forearm as measured by a commercially 
available impedance-based skin hydration sensor (Delfin MoistureMeterSC). This change in skin 
hydration appears to have minimal, if any, impact on long-term temperature measurements. 
Supplementary Figure A.B shows two sets of temperature readings from the IR camera throughout 
70 min of mental stimulus experiment. One set is taken from a region through the sensor system, 
and the other is taken adjacent to the sensors (Supplementary Fig. A.8A). During the first half of 
the experiment, the maximum difference in temperature reading is 0.3 °C, which could be the 
result of non-uniform temperature changes in the hand. It should also be noted that the readings 
taken through the sensor patch always result in a lower IR temperature reading, when they occur, 
and may be due to the lower emissivity of the sensor system causing a slight decrease in IR 
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temperature reading. During the second half of the experiment, there is a larger difference in 
reading between regions, likely due to real non-unformities in the temperature change of the hand. 
Supplementary Note 7: Sensor response time 
As shown in Supplementary Figure A.7A, a TCR element is embedded in a PI layer (of 
thickness HPI) on top of a layer of solaris silicone elastomer (of thickness Hsolaris). The TCR 
element in the experiment is very thin (e.g., ~50 nm) and has thermal conductivity and diffusivity 
(the ratio of thermal conductivity to volumetric heat capacity) much larger (> 1600 times) than the 
PI such that its effect on thermal analysis of the system can be neglected. The TCR element is at a 
distance d below the top surface. 
A warm ethylene glycol drop (or skin) on top of the PI layer heats up the entire system. The 
in-plane dimensions of the PI layer are much larger than its thickness such that the heat flux is 











t x  
(A.1)  
where T is the temperature increase (from the ambient temperature),   is the thermal diffusivity, 
and the coordinate x is along the thickness direction. The warm ethylene glycol (or skin) provides 
a constant temperature increase T0 at the top,  
   00xT T . (A.2)  
The numerical analysis suggests that the natural convection at the bottom surface of solaris has a 












In addition, the temperature and heat flux, xTk  / , are continuous across the PI/solaris interface, 
where k  is the thermal conductivity. The initial condition is 
  0 0tT . (A.4)  
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The Laplace transform is used to solve Eqs. (1)-(4). The transformed temperature can be expanded 
into series. The temperature of the sensor, Tsensor, which is the same as the temperature of the PI at 
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  / PId H , and 
erfc is the complementary error function(4). 
The thermal properties of PI and solaris are 
 0.12 W/(m K)PIk , 
  8 27.75 *10 m /sPI  (5), 
 0.186 W/(m K)solarisk  and 
  7 21.08 *10 m /ssolaris  (6) (from manufacturer), which give 
  0.135
. For such a small   and a much larger thickness of the solaris layer (e.g., 








         
                             
  
       
          


















The sensor response time is defined by the time at which the sensor temperature increase Tsensor 
reaches 90% of 0
T
. For 
1.2μmPIH d   and 
60μmsolarisH   as in the experiment, the sensor 
response time is 3.7 ms for 
3.6μmPIH   and 13.1 ms for 
6.0μmPIH  . These agree reasonably 
well with the experimentally measured sensor response time (for Tsensor = 0.9 0
T
) of 4.2 ms and 
12.2 ms for 





Supplementary Note 8: Fourier analysis of temperature readings 
Low frequency temperature oscillations were examined via Fourier transforms of temperature 
signals obtained by the TCR device, as well as the IR camera, on the ventral forearm. For the TCR 
device, the readings of each of the 16 elements in the TCR device were averaged to generate a 
one-dimensional time-domain signal. This signal was then resampled with a resampling factor of 
3/100. This brought the original sample rate of 66.67 Hz (15 ms sample period) to 2 Hz to match 
the sample rate of the IR camera. The resampled data were then subjected to a digital elliptical 
filter with a cutoff frequency of 0.004 Hz. The outcome of this filtering operation had the filter 
startup transients removed, and was then subjected to FFT analysis. For the IR camera, the readings 
of each pixel in the ROI were averaged to generate a one-dimensional time-domain signal. The 
signal was then subjected to same elliptical filter and analysis as the TCR device signals. In order 
to verify that the prominent frequency peaks are physiologically generated and not measurement 
artifacts due to the electronics of the TCR device, control experiments were run under the same 
conditions as the epidermal oscillations test (see Methods), but with the TCR device placed on a 
black felt pad instead of human skin. The results, compared to the results from human skin, are 
shown in Supplementary Figure A.8D and show that dominant peaks present on skin are absent 
on the felt pad. 
Supplementary Note 9: Mathematical modeling of reactive hyperemia 
A two-dimensional heat transfer model was developed to determine the time-dependent 
temperature distribution in the tissues surrounding the artery during and after occlusion. A 
schematic illustration of the tissue geometry appears in Supplementary Figure A.10, where a 
circular cross section is adopted for the wrist to simplify the analyses. The blood at body 
temperature flows through the circular artery embedded in the subcutaneous layer (mainly 
composed of fat), and heats the surrounding tissues. The heat exchange between the blood flow 
and the fat layer across the artery wall is modeled via a heat convection model(7), which linearly 
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where q is the heat flux flowing into the fat layer; ρb, cpb, ωb(t) are the density, specific heat 
capacity, and time-dependent flow of the blood; Dartery is the diameter of the artery; Tbody and Ts 
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are the body temperature, and the temperature of fat at the artery wall, respectively; artery wall
h
 is the 
equivalent heat transfer coefficient. Due to the heating from blood flow, the temperature 
redistributes in the surrounding tissues, which follows the temporal heat conduction equation of 

    
        
2 2 2
2 2 2
j j j j
j j j
T T T T
c k
t x y z
 (j=1..4), where the subscript represents different tissues (with 
skin as j=1, fat as j=2, muscle as j=3, and bone as j=4). The free, outer surface of the skin has 
natural convection with air, which usually cools down the skin due to a lower room temperature 
than body temperature. 
The solution of the heat transfer model includes two steps, which starts from the simulation of 
the steady-state heat conduction in the various tissues due to constant heating of blood flow, 
corresponding to the stage of pre-occlusion (Stage I). Then, by using the steady-state solution as 
an input, we further simulate the temporal variation of temperature in the tissues due to the 
application and release of occlusion, corresponding to the stage of vascular occlusion (Stage II) 
and reperfusion (Stage III), respectively. The blood perfusion keeps constant during Stage I, and 
varies with time during Stages II and III. Based on previous experimental data6, the temporal 
variation of blood flow during these different stages can be well described by the following 
piecewise function(7, 8) 
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(A.8)  
where ω0 represents the baseline blood flow and has the same value as that of the healthy tissue; 
ωs is the blood perfusion after the occlusion is applied for a sufficiently long time, 60 s in the case 
of experiments here; ωmax is the maximum hyperemic blood flow; τ0 is a time constant depicting 
the falling speed of blood flow after occlusion is applied; tdw is the time required to reach the 
maximum hyperemic blood flow after the release of occlusion; τh indicates the rate at which the 
blood flow returns to the baseline value during the reperfusion; tocc,st and tocc,end denote the starting 
and ending times of the occlusion, respectively. Except for tocc,st and tocc,end, which are known in 
experiments (tocc,st=300 s, tocc,end=360 s), there are six parameters in this model of reactive 
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hyperemia which can be varied to simulate the temperature history of blood perfusion. The aim of 
the thermal analyses is to obtain an optimized set of parameters that can best match the experiment 
data of temperature-time profile at the skin surface right above the artery. Note that the baseline 
blood flow ω0 does not involve the occlusion process, and thus it can be determined using the 
temperature value measured before the occlusion (Stage I). The blood flow ωs and time parameter 
τ0 (only related to Stage II) are determined by the measured temperature-time profile during Stage 
II, and the other three parameters (ωmax, tdw and τh,) are determined by the experimental data during 
Stage III. Besides the baseline flow rate (ω0), there are five parameters in our simulations, i.e., 
α=ωs/ω0, β=ωmax/ω0, τ0, tdw and τh, whose ranges are listed in Supplementary Table A.1, based on 
reported experiments(7, 8). 
Finite element analyses (FEA) were carried out to solve the transient heat transfer equation, 
and determine the temperature distribution numerically. 4-node linear heat transfer elements were 
used, and refined meshes were adopted to ensure the accuracy. The boundary conditions include 
the heat convection at the artery wall with blood flow of body temperature (the effective heat 
transfer coefficient was given by Eq. (7)), and the natural convection at the outer surface of skin 
with air of room temperature. The geometric and thermal-physical properties of various tissues are 
given in Supplementary Table A.2. For the reactive hyperemia model described above, the 
parameters of blood flow are determined by numerical calculations as ω0=15 mL/min (9.8 cm/s 
using a vessel diameter of 1.8 mm), ωs=3 mL/min, ωmax=150 mL/min (98 cm/s), τ0=5 s, tdw=15 s, 
τh=45 s. For this set of parameters, the temperature-time profile obtained from FEA agrees 
reasonably well with the experiment results (Fig. 2.4D). The temperature distributions in the 
tissues are demonstrated in Supplementary Figure A.11 for four typical stages before and after the 
occlusion, which clearly shows that the heating effect localizes nearby the artery and decreases 
rapidly away from the artery. 
Supplementary Note 10: Transient plane source analysis 
Thermal conductivities of skin are determined using the transient plane source (TPS) 
analysis(9, 10) in an iterative, empirical fashion. The plane sources in this case are the individual 
square elements of the TCR device. The experiment consists of a 6 second measurement procedure 
as described in the Methods, with 2 s of heating at with 1.5 mA applied current, which generates 
2 mW of power in the 1 mm x 1 mm square element. The temperature rise in the TCR element 
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during heating is measured in the same fashion as in all experiments presented here, by measuring 
the voltage drop with a known applied current. The transient heating of a square plane has been 









Where P0 is the power output from the TCR element and approximated as constant during heating 
due to the <2% resistance change during heating, 2a is the width of the heater square (a = 0.5 mm 
in this case), k is the thermal conductivity, ΔT is the average temperature rise in the heater, τ is 
given by  






 (A.10)  
where α is the thermal diffusivity of the medium, and H(τ) is given by 
 𝐻(𝜏) = ∫ 𝑑𝑣 {erf(𝑣−1) − 𝜋
−1
2⁄ 𝑣[1 − exp⁡(−𝑣−2)]}
𝜏
0
 (A.11)  
where τ is solved iteratively to generate a linear relation of ΔT(τ) with H(τ), where H(τ) is solved 
numerically. Thermal conductivity, k, is then determined from this relation.  
In our studies, deionized water is used as a calibration medium of known thermal conductivity (0.6 
W·m-1·K-1) to generate an effective length value for a, which is then used in all subsequent 
measurements to determine thermal conductivity. The determination of an effective length allows 
us to correct for geometrical differences from an ideal plane source, such as our serpentine wire 
structure and finite plane, as well as the presence of the silicone backing followed by air on the 
back of the sensor. It is also noted that the probing depth of the measurement is given as    
 ∆𝑝= 𝛽(𝛼𝑡𝑚𝑎𝑥)
1
2⁄  (A.12)  
where β is a constant of approximately 1 and tmax is the time length of heating, which gives a 
probing depth of approximately 500 μm for our experiments here. 
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A.3      Figures 
 
Supplementary Figure A.1: Effects of hair on adhesion. (A) A 4x4 TCR array with no 
supporting membrane applied to an area of hairless skin. (B) An array with no supporting 
membrane applied to an area with significant hair. Some hair can rise between individual elements 
in the array, but adhesion is significantly frustrated. (C) An array with no supporting membrane 
applied to an area with significant hair following the application of commercial spray-on bandage. 
Adhesion is significantly improved; however (D) hair directly beneath a sensor element may limit 
intimate thermal contact. (E) An array with a supporting silicone membrane applied to an area of 
hairless skin. (F) An array with a supporting silicone membrane applied to an area with significant 





Supplementary Figure A.2: Sensor calibration and noise measurements. (A) 4 x 4 TCR sensor 
array temperature calibration. Calibration curves appear in four groups of four sensors each, due 
the differing interconnect distances leading to each row of sensors. (B) Representative I-V curves 
of a single sensing element from a PIN device, at different temperatures. (C) Representative 
temperature calibration from single element of a PIN device at 10 µA (blue) and 20 µA (red). (D) 
Representative TCR device measurement at 2 Hz in air (std. dev = 0.012 °C) and (E) on skin (std. 






Supplementary Figure A.3: Noise measurements in clinical exam room. (A) Temperature 
measurements on skin from a TCR array element taken in a clinical exam room at Northwestern 
Memorial Hospital in Chicago, IL (std. dev. = 0.023 °C, after linear trend is removed). 
Measurements were performed while simultaneously running many pieces of electrical equipment, 




Supplementary Figure A.4: Representative hysteresis of TCR array element. Resistance of a 
TCR array element as measured during a heating and cooling cycle on a hotplate (~0.5 °C/min 
heating, ~0.2 °C/min cooling). Temperature is determined using an IR camera. Data shows no 
hysteresis within the uncertainty of the measurement (<73 mK. IR camera sensitivity of 50 mK, 
as stated by manufacturer. TCR device sensitivity of 23 mK, as stated in main text). All 
measurements fall within 73 mK of a linear fit line, with points randomly scattered above and 






Supplementary Figure A.5: Strain in TCR sensors. (A) Optical image of 4 x 4 TCR sensor 
array showing representative direction of applied strain. (B) FEA results of 10% applied strain in 
y-direction to substrate showing the resultant εyy strain distribution of a TCR sensor and (C) εxx 
strain distribution of a TCR sensor. (D) FEA (black) and experimental (red) results of applying 






Supplementary Figure A.6: Strain in PIN sensors. (A) Optical image of 8 x 8 PIN sensor 
array showing representative direction of applied strain. (B) FEA results of 10% applied strain in 
x-direction to substrate showing the resultant top surface Si strain distribution of a PIN sensor 







Supplementary Figure A.7: Sensor response time. (A) Layers used in analytical modeling to 
determine sensor response time on skin. (B) Experimental setup for measuring sensor response 
time. A warm drop of ethylene glycol, which has similar thermal properties to skin, is dropped 
onto the sensor. (C) Experimental sensor response time to warm glycol droplet. The time 
required for the sensor to reach 90% of the total temperature change is 3.7 ms and 13.1 ms for 







Supplementary Figure A.8: Effects on physiology. (A) IR image showing locations used for 
comparison temperature data. (B) Comparison of IR temperature data through the TCR device 
(red) and next to the TCR device (blue) obtained during a mental stimulus experiment. (C) Skin 
hydration changes after wearing TCR device for 3 hours as measured by commercial Delfin 
Moisture Meter. (D) Comparison of frequency power spectrum measured by TCR device during 







Supplementary Figure A.9: Effect on skin temperature during profuse sweating. IR images 
of forearm during profuse sweating immediately following high-intensity aerobic exercise while 
wearing (A) a device with no supporting silicone membrane, and (B) a device with a thin 
silicone membrane substrate. The device with no silicone membrane (A) does not appear to have 
any effect on local skin temperature, while the device with a silicone membrane (B) causes a ~2 







Supplementary Figure A.10: Schematic illustration of the wrist model for simulations: (A) 







Supplementary Figure A.11: FEA results on the temperature distribution in the tissues of 
blood flow model at four typical stages: (A) t=250 s, before occlusion. (B) t=360 s, at the 
release of occlusion. (C) t=450 s, when the temperature of skin surface is close to its maximum 






Supplementary Table A.1. The parameter range in the model of reactive hyperemia 
for simulations. 
 
 =s/0 =max/0 0(s) tdw (s) h(s) 








Supplementary Table A.2. The geometric and thermal-physical properties of 
various tissues for the wrist, where t denotes the thickness, D is the diameter of 
the artery, and d is the depth of the artery.  
 
Parameter Skin Fat Muscle Bone Blood 
 (kg/m3)(7, 
11) 
1085 850 1085 1357 1069 
cp (J/kg/K)(7, 
11) 
3680 2300 3768 1700 3659 
k (W/m/K)(7, 
11) 
0.47 0.16 0.42 0.75 / 
t (mm)(12-14) 1.0 4.4 13.6 10.0 / 
D (mm)(15) / / / / 1.8 
d (mm)(16, 
17) 




SUPPLEMENTARY INFORMATION TO CHAPTER 3 
This appendix was published as the supplementary information for “Thermal transport 
characteristics of human skin measured in vivo using ultrathin conformal arrays of thermal sensors 
and actuators,” by R. C. Webb†, R. M. Pielak†, P. Bastien, J. Ayers, J. Niittynen, J. Kurniawan, 
M. Manco, A. Lin, N. H. Cho, V. Malyrchuk, G. Balooch and J. A. Rogers, PLoS ONE 10(2): 
e0118131 (2015). Reproduced with permission from the publisher. The analytical and finite 
element derivations presented in this chapter are outcomes of close collaborations and joint work 
with theorists.  
B.1      Supplementary Notes to Chapter 3 
Supplementary Note 1: Fabrication procedure for ultrathin thermal sensing arrays 
Prepare polymer base layers 
37. Clean a 3” Si wafer (Acetone, IPA -> Dry 5 min at 110 °C). 
38. Spin coat with PMMA (poly(methyl methacrylate) 495 A2 (Microchem), spun at 3,000 
rpm for 30 s. 
39. Anneal at 180 °C for 1 min. 
40. Spin coat with polyimide (PI, poly(pyromellitic dianhydride-co-4,4′ -oxydianiline), amic 
acid solution, Sigma-Aldrich, spun at 4,000 rpm for 30 s). 
41. Anneal at 110 °C for 30 s. 
42. Anneal at 150 °C for 5 min. 
43. Anneal at 250 °C under vacuum for 1 hr. 
Deposit first metallization 
44. E-beam 6/75 nm Cr/Au. 
45. Pattern photoresist (PR; Clariant AZ5214, 3000 rpm, 30s) with 365 nm optical lithography 
through iron oxide mask (Karl Suss MJB3). 
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Develop in aqueous base developer (MIF 327). 
46. Etch Au with TFA Au etchant (Transene). 
47. Etch Cr with CR-7 Cr Mask Etchant (Cyantek). 
48. Remove PR w/ Acetone, IPA rinse. 
49. Dry 5 min at 150 °C. 
Deposit second metallization 
50. E-beam 10/500/10/25 nm Ti/Cu/Ti/Au. 
51. Pattern PR AZ5214. 
52. Etch Au with TFA Au etchant. 
53. Etch Ti with 6:1 Buffered Oxide Etchant. 
54. Etch Cu with CE-100 etchant (Transene). 
55. Etch Ti with 6:1 Buffered Oxide Etchant. 
56. Remove PR w/ Acetone, IPA rinse. 
57. Dry 5 min at 150 °C. 
Isolate entire device 
58. Spin coat with PI. 
59. Anneal at 110 °C for 30 s. 
60. Anneal at 150 °C for 5 min. 
61. Anneal at 250 °C under vacuum for 1 hr. 
62. Pattern photoresist (PR; Clariant AZ4620, 3000 rpm, 30s) with 365 nm optical lithography 
through iron oxide mask (Karl Suss MJB3). 
Develop in aqueous base developer (AZ 400K diluted 1:3, AZ 400K:Water). 
63. RIE (150 mTorr, 20 sccm O2, 200 W, 20 min). 
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Release and transfer 
64. Release w/ boiling Acetone. 
65. Transfer to water-soluble tape (Wave Solder Tape, 5414, 3M). 
66. E-beam 3/30 nm Ti/SiO2. 
67. Transfer to ~10 μm silicone sheet (Ecoflex, Smooth-on Co.) coated on silanized glass slide. 
68. Immerse in warm water to dissolve tape. 
69. Immerse quickly in Chrome Mask Etchant to remove any remaining residue. 
70. Bond thin, flexible cable (Elform, HST-9805-210) using hot iron with firm pressure. 
71. Apply additional silicone (10-100 um) by doctor blade 
72. Apply silicone medical tape frame (Ease Release Tape, 3M). 
73. Remove device. 
In order to provide a more appropriate system for repeated clinical use, we improve upon our 
initially demonstrated system in several ways. First, an electron beam evaporated metallic stack of 
Ti/Cu/Ti/Au (10/500/10/25 nm) replaces the expensive Au interconnect wiring system. This 
system provides the desired low resistivity interconnects while using minimal Au as a contact 
material. Narrow line widths (10 µm) in the sensing/heating elements provide high resistance in a 
small spatial area, shown in Figure B.1B, minimizing undesired heating in interconnect wires. A 
thin layer of Ecoflex (smooth-on, ETC) polymer between the sensor/heater elements (Fig. B.1C) 
and the skin improves the adhesion directly between the heating element and the skin, minimizing 
errors in thermal transients that may be caused by air gaps. Finally, a silicone adhesive based tape 
(Ease Release, 3M, USA) functions as a frame for the device, providing a flexible but robust 
mechanical support for repeated use over >100 applications (see Fig. B.2 for images before, 
during, and after measurement on each body location in the clinical study). Finally, the data 
acquisition and control system is in the form of a low cost, USB-powered portable system for 
practical clinical use. High temperature resolution is achieved by the 22-bit digital multimeter 
(USB-4065, National Instruments, USA) and time-multiplexing is achieved by the use of a USB-
powered, voltage isolated switch circuit (U802, Ledgestone Technologies LLC, USA).  
184 
 
Supplementary Note 2: Temperature measurements across all body locations 
In order to verify temperature accuracy, temperature recordings by the device array are 
compared to recordings by a commercial infrared thermometer (DermaTemp, Exergen Co., USA) 
on each body location (Fig. B.1D). The temperature values correlate well (Pearson’s correlation 
coefficient, R, = 0.98, slope = 0.95 ± 0.02, intercept = 2.5 ± 0.5, standard errors), verifying the 
value of the device in the context of epidermal temperature sensing across varied body locations, 
as demonstrated previously (1). Average temperature variations between body locations are shown 
in Fig. B.3, and temperature variations of measured on each body location on each subject are 
shown in Fig. B.4. 
Supplemental Note 3: Estimated error in fitting models for clinical study 
The fitting model described by equation (3.1) and Figure 3.2 is used to determine thermal 
property data for the 150 body locations measured during the clinical study. In this fitting 
procedure, two parameters, thermal conductivity and thermal diffusivity, are fit simultaneously. 
We assess the potential error in this fitting procedure by fixing one of the parameters, and allowing 
the other to float to determine the best fit with experimental data. In order to determine the fixed 
parameter value, we initially conduct the fit with both parameters floating to determine the best fit 
with experimental data (Fig. B.5, red dashed line). We then fix one parameter, with a relative error 
from the best fit value, and allow the second parameter to float to determine a new best fit. We 
increase the error introduced to the fixed parameter until the new best fit curve falls just outside 
the error range of the experimental data (Fig. B.5; best fit curves after applying error shown as 
blue and green dashed line; error range of experimental data shaded in red). The error range 
associated with the precision (i.e. the sensitivity of measurements using the same device one 
measurement to the next) of experimental data (Fig. B.4A) is given as ±0.04 °C, which is >3σ, 
where σ = 0.013°C is the in vivo experimental standard deviation of error from the mean. This 
error analysis conducted on several sets of in vivo data from our clinical study results in 2-3% 
potential error in the value of k and 8% potential error in the value of α, with representative 
analyses from the heel shown in Figure B.5A. Each in vivo measurement involves solutions to k 
and α from each of fifteen sensors in the array. The average standard deviation across all body 
locations, excluding the dorsal forearm which has large deviations due to hair on some subjects, 
of all subjects is 6% (0.02 W m-1 K-1) and 9% (0.013 mm2 s-1) for k and α respectively. 
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The error range associated with the sensor accuracy (i.e. the reliability of measurements when 
using different devices on measurement to the next) of experimental data is given by the 95% 
confidence interval of the sensor calibration of temperature sensitivity. This error analysis 
conducted on several sets of in vivo data from our clinical study results in 4-5% potential error in 
the value of k and 15% potential error in the value of α, with representative analyses from the heel 
and cheek shown in Figures B.5B and B.5C respectively. 
Supplemental Note 4: Error analysis of equation (3.1) approximations 
The algorithm used to calculate skin thermal transport properties from transient heating in 
individual elements, shown in equation (3.1), is a convenient approximation to the solution of the 
average temperature of a small square with finite dimensions during transient heating. The 
approximation in equation (3.1) assumes that the average temperature in the square can be 
approximated by assuming a point heat source at the center of the square, and a temperature rise 
some distance A2 away from the point source. The iteration of equation (3.1) is computationally 
inexpensive, which allows for rapid computation of the data from each element in the array. The 
potential error associated with equation (3.1) is investigated by comparison to the more exact, and 
computationally expensive, solution given by Gustafsson (2) 
 ∆𝑇(𝜏)






where P0 is the power output of the heater, b is the half width of the square heating element (0.5 





where α is the thermal diffusivity, t is time and 





where erf is the error function given by 






equation (B.1) accounts for the finite spatial extent of the heater to determine the average measured 
temperature of the heater. However, iterating this solutions of equations (B.1) – (B.4) over the 
large body of data with the high frequency measurement of data across many elements in an array 
quickly becomes computationally intensive. In order to compare the error using equation (3.1), we 
compare the thermal properties, k and α, determined on a representative dataset using equation 
(3.1) to those determined by the iteration procedure of equations (B.1) – (B.4), once calibrated 
with known calibration media (water and ethylene glycol). The average discrepancy between the 
two procedures in the solution for k and α is 3% and 8%, respectively, which is within the 
previously described error ranges due to noise. These potential errors will manifest in the form of 
constant accuracy offset that will be consistent across all devices. As a result, these potential errors 
will not influence the precision between measurements, different devices or the resultant 
correlation statistics that of primary interest. 
Supplemental Note 5: Estimation of measurement depth 
The measurement technique outlined by equation (3.1) results in thermal property values that 
are a weighted average of the values encountered through the depth of skin that is probed by the 
measurement. The measurement depth can be approximated by equation (3.2), which results in a 
measurement depth of ~500-1000 μm in skin. We verify this result experimentally by conducting 
measurements on varying thickness of a polymer, with thermal properties similar to skin (Sylgard 
170, Dow Corning, USA), on a base substrate of copper. The copper acts a thermal ground plane 
that will result in rapidly increasing measured thermal properties as the measurement depth 
approaches the polymer thickness. The resultant measured thermal conductivities on various 
thicknesses of polymer on copper are shown in Figure B.6, and the measured thermal 
conductivities begin to rise rapidly at a polymer thickness of approximately 500 μm. 
Supplemental Note 6: Error analysis of equation (3.3) approximations 
The measurement configuration outlined by equation (3.3) and Figure 3.8 assumes a discrete 
distance, r, away from a point source heater. The sensors in the array in use here have a finite aerial 
spatial extent of 1 mm x 1 mm, with <3 µm thickness. The temperature increase recorded by a 
sensor corresponds to the average temperature increase over the sensor area. Assuming isotropic 
radial conduction, valid for cases without anisotropic convective transport due to blood, the 
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average temperature across the sensor, ?̅?, is approximately equal to the average temperature rise 















where r1 and r2 are 1 mm apart and represent the distances of the sensor near and far edges, 











where the integral average over the sensor in equation (B.5) has been replaced by r(t), a time 
dependent characteristic distance. r(t) is determined numerically by setting equation (B.5) equal 
to equation (B.6). Specifically, equation (B.5) is solved for a fixed kskin and ρskincp,skin. equation 
(B.6) is then solved in an iterative fashion to minimize the error between equation (B.6) and 
equation (B.5), where r(t) is allowed to vary, and kskin and ρskincp,skin are fixed to the values used in 
the solution for equation (B.5). kskin = 0.35 W m
-1 K-1 and ρskincp,skin = 2.33 J cm
-3 K-1 are the 
approximate midpoint values of the in vivo data, and are used to establish r(t) for the three sensor 
distances of ~3.5 mm, ~4.7 mm, and ~5.8 mm. r(t) begins at a value near that of the distance 
between the heat source and nearest edge of the sensor, and rapidly approaches the mean sensor 
distance from the heater. r(t) is, more generally, a function of ρskincp,skint/kskin, and the solutions of 
r(t) for kskin = 0.35 W m
-1 K-1 and ρskincp,skin = 2.33 J cm
-3 K-1 are shown in Figure B.7(A-C). While 
r(t) is a function of thermal properties as well as time, the r(t) values shown in Figure B.7(A-C) 
are assumed to be reasonable approximations for all thermal properties encountered on skin in 
vivo. The error associated with this approximation can be estimated by determining r(t) for one set 
of thermal property values (the mid-range values of the in vivo data), and equation (B.5) is solved 
for a set of thermal property values different from those used to determine r(t) (high-range values 
of the in vivo data). Equation (B.6) is then solved, where r(t) is fixed and kskin and ρskincp,skin are 
varied iteratively to minimize the error between equation (B.6) and equation (B.5). A typical result 
188 
 
from this type of analysis is shown in Figure B.7D, along with the results determined by replacing 
r(t) with different time independent values (geometric mean, harmonic mean, and r1). The 
discrepancy between the results determined by equation (B.5) and the approximation using r(t) 
with equation (B.6) are found to be <1%. The still simpler solution using a single, time-
independent value in place of r(t) are found to produce errors <5%, if chosen appropriately.  
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B.3      Figures 
 
Supplemental Figure B.1: Device construction and temperature comparison to IR 
measurements. (A) Optical image of 4x4 thermal sensing array, showing the bonding location of 
the thin, flexible cable (ACF connection). (B) Magnified image of a single sensor/actuator element, 
showing the 10 μm wide, serpentine configuration. (C) Cross-sectional schematic showing the 
device layout on skin. (D) Comparison of temperature device readings on six body locations on 







Supplemental Figure B.2: Representative photographs of each body location before, during, 
and after measurements. Images show each body location before application of the thermal 
sensing array, with the device applied to skin during heating applications for thermal 
measurements, and then after device removal. No irritation is observed as a result of heating, or 
wearing the device. Body locations are (A) cheek, (B) volar forearm, (C) dorsal forearm, (D) wrist, 





Supplemental Figure B.3: Temperature variations across body locations. (A) Variation in 
temperature data between different subjects on different body locations for thermal sensing array 
(blue) and IR thermometer (red). (B) Inter- and intra-subject variance for the thermal sensing array 





Supplemental Figure B.4: Temperature variations across body locations for each subject. 
Variation in temperature data between different subjects on different body locations for thermal 




Supplemental Figure B.5: Analysis of fitting process sensitivity with experimental error. (A) 
Experimental precision fitting error analysis of representative in vivo data on a human heel. 
Experimental error range is given by 3x the standard deviation of temperature readings from the 
mean. (B) Experimental accuracy fitting error analysis of representative in vivo data on a human 
heel and (C) a human cheek. Experimental error range is given by the 95% confidence interval of 




Supplemental Figure B.6: Experimental determination of measurement probing depth. 
Measured thermal conductivities by the thermal sensing array for different thickness of a silicone 
with thermal properties similar to skin (Sylgard 170, Dow Corning, USA; k = 0.39 W m-1 K-1, ρ = 
1370 kg m-3) on copper. The measured thermal conductivity rises rapidly when the silicone layer 
becomes thinner than the probing depth, which is given by Eq. 2 to be approximately 0.5 mm.  
  









































Supplemental Figure B.7: Solutions for r(t). Numerically determined solutions for r(t) over the 
appropriate measurement time, determined using k = 0.35 W m-1 K-1 and α = 0.15 mm2 s-1, for (A) 
r = ~3.5 mm, (B) r = ~4.7 mm, and (C) r = ~5.8 mm. (D) Example temperature rise solutions for 
a sensor ~3.5 mm away using the integrated solution of Eq. S5, r(t) given in (B) with Eq. S6, and 
various time independent values of r with Eq. S6. r(t) gives the smallest discrepancy with Eq. S5 






Supplemental Figure B.8. Principle component analysis. Boxplot representation of principal 
components by body location, and their corresponding relation to measured parameters. (A) Box 
plots and correlation weights of the first principal component, (B) the second principal component 
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Reproduced with permission from the publisher. The analytical and finite element derivations 
presented in this chapter are outcomes of close collaborations and joint work with theorists.  
C.1      Supplementary Notes to Chapter 4 
Supplementary Methods: Device Fabrication 
Prepare polymer base layers 
1. Clean a 3” Si wafer (Acetone, IPA -> Dry 5 min at 110 °C). 
2. Spin coat with PMMA (poly(methyl methacrylate) 495 A6 (Microchem), spun at 3,000 rpm 
for 30 s. 
3. Anneal at 180 °C for 2 min. 
4. Spin coat with polyimide (PI, poly(pyromellitic dianhydride-co-4,4′ -oxydianiline), amic acid 
solution, Sigma-Aldrich, spun at 4,000 rpm for 30 s). 
5. Anneal at 110 °C for 30 s. 
6. Anneal at 150 °C for 5 min. 
7. Anneal at 250 °C under vacuum for 1 hr. 
Deposit first metallization 
8. Deposit 6/100 nm Cr/Au via electron beam evaporation. 
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9. Pattern photoresist (PR; Clariant AZ5214, 3000 rpm, 30s) with 365 nm optical lithography 
through iron oxide mask (Karl Suss MJB3). 
Develop in aqueous base developer (MIF 327). 
10. Etch Au with TFA Au etchant (Transene). 
11. Etch Cr with CR-7 Cr Mask Etchant (Cyantek). 
12. Remove PR with AZ 400-T Stripper. 
13. Dry 5 min at 150 °C. 
Deposit second metallization 
14. Deposit 10/550/20/25 nm Ti/Cu/Ti/Au via electron beam evaporation. 
15. Pattern PR AZ5214. 
16. Etch Au with TFA Au etchant. 
17. Etch Ti with 6:1 Buffered Oxide Etchant. 
18. Etch Cu with CE-100 etchant (Transene). 
19. Etch Ti with 6:1 Buffered Oxide Etchant. 
20. Remove PR w/ Acetone, IPA rinse. 
21. Dry 5 min at 150 °C. 
Isolate entire device 
22. Spin coat with PI spun at 4,000 rpm for 30 s. 
23. Anneal at 110 °C for 30 s. 
24. Anneal at 150 °C for 5 min. 
25. Anneal at 250 °C under vacuum for 1 hr. 
26. Pattern photoresist (PR; Clariant AZ4620, 3000 rpm, 30s) with 365 nm optical lithography 
through iron oxide mask (Karl Suss MJB3). 
200 
 
Develop in aqueous base developer (AZ 400K diluted 1:3, AZ 400K:Water). 
27. Reactive ion etch (50 mTorr, 80 sccm O2, 200 W, 30 min). 
Release and transfer 
28. Release device by immersing in hot Acetone (60 °C) for 5 min. 
29. Remove device with water-soluble tape (Wave Solder Tape, 5414, 3M). 
30. Deposit 3/30 nm Ti/SiO2 onto device on water soluble tape, via electron beam evaporation. 
31. Expose a ~10 μm silicone sheet (Ecoflex, Smooth-on Co.), coated on silanized glass slide, with 
broadband UV light for 5 min. 
32. Apply water soluble tape with device to exposed silicone sheet. 
33. Immerse in warm water to dissolve tape. 
34. Immerse quickly in Chrome Mask Etchant to remove any remaining residue. 
35. Bond thin, flexible cable (Elform, HST-9805-210) using hot iron with firm pressure. 
36. Apply additional silicone (10-100 um) by doctor blade 
37. Apply silicone medical tape frame (Ease Release Tape, 3M) (optional – for robust, repeated 
applications with a single device). 




C.2      Figures 
 
Supplementary Figure C.1: Analysis of thermal actuator power levels. (A) Photograph of local 
redness (image levels enhanced for contrast) induced by 5 min of heating at 54 mW power (15.8 
°C rise) to the thermal actuator. Power levels are kept below 25 mW in all experiments to avoid 
this type of issue. (B) Measured temperature differentials, taken over a vein on the wrist, for 4 
different power levels. For a constant flow rate, the curves should be independent of power. 
However, changing flow rate in the vein can be seen by oscillations in the data. Within oscillations, 
the curves are independent of power until 54 mW, where the signal strength appears slightly 





Supplementary Figure C.2: Epidermal device data output for skin locations with isotropic 
thermal transport. Similar datasets as shown in Figure 4.1(D-I), except with the device placed 





Supplementary Figure C.3: FEA verification for the transient scaling law. Case 1 is the base 
line for comparison (water: λf=0.6W·mm
-1K-1, ρf=1000kg/m
3, cf=4184J·kg




-1·K-1 , h=0.55mm, L=1.5mm, B=1.5mm, R=1mm, 
v=5mm/s). Case 2 gives double the flow velocity. Case 3 changes the material properties (double 
λf and λs, quadruple ρf and ρs) while Case 4 varies the geometric parameters (double h, L, B). All 
confirm the transient scaling law (Equation 4.1). 
  
































Supplementary Figure C.4: Comparison between FEA and PDMS experiment. (A) The same 
conditions as Case 1 in Fig. C.3, (B) double the flow velocity. The FEA agrees well with 
experiment without any parameter fitting. Experiments indeed show that the normalized 




Supplementary Figure C.5: Optical VeinViewer image used to accurately identify blood 




Supplementary Figure C.6: The influence of variation of λs/λf, ρfcf/ρscs and B/L on the 
transient scaling law. The thermal parameters of the tissues (λs, ρs and cs) are highly variable, 
based on skin location, individual person, etc. We ran a clinical study of 25 people{Webb, 2015 
#135} in which we measured thermal diffusivities (λs/ρscs) that varied from 0.11 - 0.2mm
2s-1, and 
thermal conductivities (λs) that varied from 0.2 - 0.55 Wm
-1k-1. This corresponds to the parameters 
λs/λf=0.4 – 1.1, and ρfcf/ρscs=0.38 - 0.7. (A, B) The transient scaling law (Equation. 4.1) with 
different λs/λf (0.54 - 0.72) and different ρfcf/ρscs (0.38 – 0.7), illustrates that the transient scaling 
law depends on the thermal parameters of the issues strongly. (C) The transient scaling law 







Supplementary Figure C.7: Verification for the steady-state scaling law by FEA and 




-1·K-1 , PDMS: λs=0.18W·mm
-1K-1, ρs=970kg/m
3, cs=1380J·kg
-1·K-1 , h=0.55mm, 
L=1.5mm, B=1.5mm, R=1mm). Case II (double ρf) and Case III (double λf and λs) change the 
material properties while Case IV varies the geometric parameters(h, L, B, R).  All confirm the 
steady-state scaling law. PDMS experiments agrees well with the steady-state scaling law without 
any parameter fitting. 
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Supplementary Figure C.8: The influence of variation of λs/λf, h/L and B/L on the steady-
state scaling law. The steady-state scaling law (Equation 4.2) with (A) different λs/λf (0.4 – 1.1), 
(B) different h/L (2/3 – 1) and (C) different h/L (1/3 – 1), illustrates that these three parameters all 






Supplementary Figure C.9: Transient temperature response caused by flow velocity change. 
All size and material parameters are the same as the case shown for R = 0.95 mm in Fig. 4.2E. A 
step-function increase in flow velocity (from 1 mm/s to 10 mm/s) results in a dimensionless 
temperature response as an exponential decay with a time constant of ~10 s. Conversely, a step-





Supplementary Figure C.10: Noise analysis of epidermal data acquisition system. Results 
from a series of benchtop experiments analyzing noise levels during different conditions. A change 
of 1 °C corresponds to a signal of 2500 ppm. At low sampling rates, and short sampling windows, 
a doubling of the data acquisition cable length results in a noise increase of 5% - 30%. Over longer 
sampling windows, noise increases significantly and is strongly influenced by placing the device 
in plastic enclosure from the ambient environment, indicating a dominance of environmental 
induced thermal changes. Over shorter sampling windows (5 s and 30 s), noise scales as (Sampling 
rate)1/2. Over a 300 s sampling window, noise is dominated by environmental changes. 
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Supplementary Figure C.11: Noise analysis of epidermal devices on skin. Results from a series 
of in vivo experiments analyzing noise levels when the device is placed over a vein, compared to 
a location with no significant visible veins. Results indicate the standard deviation of ΔT/ ΔTh over 
a 700 s sampling window. Analysis of different sensor pairing correspond to different rotation 
angles, where the rotation angle is the different between the measured sensor axis, and the vein 
axis. For the case of No vessel, the rotation angle simply corresponds to different sensor pairings. 
Signal variations are significantly lower in the case of no local vessel, and are maximized in the 
Local vein case of the sensor pair along the vein axis, which indicates that there is significantly 





Supplementary Figure C.12: Statistical correlation between LSCI data and epidermal device 
data from Figure 4.4. LSCI autocorrelation shows the relative integral overlap area of the data 
when shifting the dataset relative to itself. For the autocorrelation, perfect correlation always 
occurs at t = 0, and the shape of the curve is determined by the time dynamics of the data. The 
autocorrelation represents a perfect correlation to the LSCI data. Epidermal-LSCI correlation 
shows the relative signal overlap area between the LSCI data and Epidermal device data, which 
closely matches that of the LSCI autocorrelation. (A) Correlation between raw data sets. (B) 






Supplementary Figure C.13: Comparison between Laser Doppler Flowmetry signal and 
epidermal device signal during 10 minutes of natural flow on the volar aspect of the wrist of 
a male, age 33. (A) Laser Doppler and epidermal device signals. (B) Correlation between linearly 





Supplementary Figure C.14: Comparison between Laser Doppler Flowmetry signal and 
epidermal device signal during 10 minutes of natural flow on the dorsal aspect of the hand 
of a male, age 23. (A) Laser Doppler and epidermal device signals. (B) Correlation between 





Supplementary Figure C.15: Quantitative blood flow conversion of Figure 4.5A. (A) Relation 
between thermal flow signals and blood flow rate, showing low flow and high flow regimes. When 
transitioning from very low flow to high flow, the relation between the thermal signal and blood 
flow changes sign, as well as functional form. (B) When the transition from low flow the high flow 
happens extremely rapidly, in a few seconds as in the experiment in Figure 4.5A, the quantitative 
relation goes through a rapid transition from the low flow to the high flow regime. This results in 





Supplementary Figure C.16: Statistical correlation between LSCI data and epidermal device 
data from Figure 4.5A. (A) Same analysis procedure at Fig. C.10A. (B) Coherence between LSCI 






Supplementary Figure C.17: Laser Doppler flowmetry measurements before and after slap-
induced microvascular hyperemia. (A) LDF measurements corresponding to hyperemia shown 






Supplementary Figure C.18: Statistical correlation between LSCI data and epidermal device 
data from Figure 4.6. (A) Same analysis procedure at Fig. C.10B. (B) Coherence between LSCI 






Supplementary Figure C.19: Comparison of errors induced in the device response for 
continuous mode and pulsed mode actuation in a control experiment. The device is placed on 
a molded silicone flow system, designed to mimic a system with blood flow occurring beneath the 
surface of the skin in a large vessel. Thermal disturbances are applied to various sensors in the 
device array at various times during flow measurements. Disturbances are induced by bringing a 
hot solder iron tip, at 65 °C, in close proximity to the sensor either downstream (Downstream 
Disturbance, DD) or upstream (Upstream Disturbance, UD) of the actuator, without physically 
touching the sensor. The heat from iron the changes the relative temperature differential measured 
by the two sensors on opposing sides of the actuator, resulting in a measurement error. The 
experiment is carried out in continuous actuation mode (black; filtered with an adjacent averaging 
filter, window size = 20 points) and pulsed actuation mode (blue, 0.1 Hz actuation at 33% duty 
cycle; filtered with an adjacent averaging filter, window size = 4 points). Fluid flow begins at a 
baseline value of 5 and increases to 20 (relative values) at t = 740 s. The disturbance timing is as 
follows: 0 < t <320 s – No disturbance (ND); 320 < t < 470 s – DD; 470 < t < 620 s – UD; 620 s 
< t < 1040 s – ND; 1040 s < t < 1190 s – DD; 1190 < t < 1340 s – UD; 1340 s < t – ND. Induced 
errors occur in both the continuous and pulsed actuation modes, however the relative induced error 






Supplementary Figure C.20: Epidermal device (A) wiring diagram and (B) hardware setup. 




C.3      Descriptions of Supplementary Movies 
Movie C.1: Movie of LSCI and epidermal device signals over time for experiments presented 
in Figure 4.3(A-C). 
Movie C.2: Movie of LSCI and epidermal device signals over time for experiments presented 
in Figure 4.4(A-D). 
Movie C.3: Movie of LSCI and epidermal device signals over time for experiments presented 
in Figure 4.5(A-I). 
Movie C.4: Infrared movie of thermal distribution over time due to device heating for 
experiments presented in Figure 4.5(J-M). Prominent pulsation near the actuator is seen during 




SUPPLEMENTARY INFORMATION TO CHAPTER 5 
This appendix was published as the supplementary information for “Theoretical and 
Experimental Studies of Epidermal Heat Flux Sensors for Measurements of Core Body 
Temperature,” by Y. Zhang†, R. C. Webb†, H. Luo†, Y. Xue, J. Kurniawan, N. M. Cho, S. 
Krishnan, Y. Li, Y. Huang and J. A. Rogers, Advanced Healthcare Materials XX, XXX-XXX 
(2015). Reproduced with permission from the publisher. The analytical and finite element 
derivations presented in this chapter are outcomes of close collaborations and joint work with 
theorists.  
D.1      Supplementary Notes to Chapter 5 
Mechanics modeling 
Three-dimensional (3D) finite element analyses (FEA) was employed to calculate the strain 
distribution of various components in the differential temperature sensors under different types of 
external loadings. Eight-node 3D solid elements and four-node shell elements were used for the 
silicone substrate and serpentine wires, respectively. Refined meshes were adopted for both cases 
to ensure the computational accuracy. To model the stretching deformation, the displacement loads 
were applied to two side surfaces of the device. To model the twisting deformation, one of the side 
surface is fixed, while a rigid-body rotation with respect to the cross-sectional center is applied to 
the opposite side surface. For the bending deformation, the displacement load was applied to the 
bottom surface of the device so as to fit it onto the surface of an imaginary cylinder with the 
prescribed bending radius. The elastic modulus (E) and Poisson’s ratio ( ) are: 0.2 MPasiliconeE  
and 
0.49 silicone  for silicone; 
2.5 GPaPIE   and 
0.34PI   for PI; 
78 GPaAuE   and 
0.44Au   for gold; 
119 GPaCuE  and 
0.34 Cu  for copper. 
Thermal modeling 
Two different sets of FEA were carried out for the thermal conduction in the differential 
temperature devices. To calculate the response of temperature for the sensors when the core body 
temperature changes (as shown in Fig. 5.3 and Fig. 5.6), the 2D transient thermal analyses were 
adopted, in which four-node shell elements were used for different layers, with refined meshes 
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adopted to ensure the accuracy. To analyze the effect of 3D thermal conduction, the 3D steady-
state thermal analyses were employed, in which eight-node 3D solid elements with refined meshes 
were adopted. The boundary conditions include a constant temperature (Tcore) at the bottom surface 
of the tissue layer, and convection conditions with the surrounding air (Troom) at the free surfaces. 
The parameters used in these thermal calculations include: the room temperature Troom=22 
oC, 
convection coefficient h=10 W/K/m2, thickness (ttissue=9.2 mm and t0=0.05 mm), thermal 
conductivity (ksilicone=0.15 W/m/K, kfabric=0.08 W/m/K, ktissue=0.3 W/m/K, and kPU-foam=0.03 
W/m/K), heat capacity (csilicone=1460 J/Kg/K, cfabric=1200 J/Kg/K, ctissue=1460 J/Kg/K, and cPU-






In the prediction of core body temperature using the measured temperature data from various 
sensors, we need to minimize the functional given by Eq. (4). This was achieved numerically by 
searching the optimum values of the three unknowns (Tcore, tissue tissue
t k
, h) in reasonable ranges. 
The range of core body temperature (Tcore) was set as [Tcontrolled –3, Tcontrolled +3] with Tcontrolled 
denoting the experimentally controlled value, considering its wide range of change in experiments, 
and the practical case where Tcore usually stays in the range of [35 
oC, 41 oC]. The tissue property 
( tissue tissue
t k
) was set in the range of 0.005 to 0.045 K·m2/K for the calculations of all experiments, 
as compared to the accurate value of ~0.0307 K·m2/K. The convection coefficient (h) was set in 
the range of 5 to 30 W/K/m2 for natural convection conditions adopted in the first three sets (I-III) 
of experiments, and in the range of 5 to 80 W/K/m2 for forced convection conditions adopted in 








Supplementary Figure D.1: FEA results on the effective modulus of the differential 




Supplementary Figure D.2: Results of accuracy analyses for the system with 2 devices 
(tdevice(1)=3.0 mm and tdevice(2)=0.7 mm). With the representative parameters of Tcore=37.61 
oC, h=9.55 W/m2/K, ttissue/ktissue=0.01 K·m
2/W, and Troom=27.4
 oC, the accurate values of 𝑇𝑡𝑜𝑝
𝑖  and 
𝑇𝑏𝑜𝑡𝑡𝑜𝑚
𝑖  (i=1,2) can be obtained from Eqs. (2) and (3) as 𝑇𝑏𝑜𝑡𝑡𝑜𝑚
1 =36.89 oC, 𝑇𝑡𝑜𝑝
1 =35.55 oC, 
𝑇𝑏𝑜𝑡𝑡𝑜𝑚
2 =36.81 oC, and 𝑇𝑡𝑜𝑝
2 =36.50 oC. In the inverse model, we set the deviation of measured 
temperatures to be 0 or 0.1 oC [i.e., ∆𝑇𝑏𝑜𝑡𝑡𝑜𝑚
𝑖 =0 or ±0.1 oC , ∆𝑇𝑡𝑜𝑝
𝑖 = 0 or ±0.1 oC, (i=1,2)]. The 
corresponding changes in core-body temperatures for all the 81 possible cases are given in the 
table by employing the algorithm described in the main text. The average error of all the 81 




Supplementary Figure D.3: Magnification factor of the average error in the prediction of 
core body temperature versus the number of devices adopted in the inverse model. For a 
system with 3 or more devices, the thicknesses of different devices are all chosen evenly in the 
range of 0.25 to 3.00 mm. To estimate the average error with different numbers of devices, we set 
the deviation of one of the measured temperatures to be 0.1 oC, while keeping all the other 




Supplementary Figure D.4: Results of accuracy analyses for the system with 4 devices 
(tdevice(1)=3.0 mm, tdevice(2)=2.08 mm, tdevice(3)=1.16 mm and tdevice(4)=0.25 mm). With 
the representative parameters of Tcore=37.61 
oC, h=9.56 W/m2/K, ttissue/ktissue=0.01 K·m
2/W and 
Troom=27.4
 oC, the accurate values of 𝑇𝑡𝑜𝑝
𝑖  and 𝑇𝑏𝑜𝑡𝑡𝑜𝑚
𝑖  (i=1,2,3,4) can be obtained from Eqs. (2) 
and (3) as 𝑇𝑏𝑜𝑡𝑡𝑜𝑚
1 =36.89 oC, 𝑇𝑡𝑜𝑝
1 =35.55 oC, 𝑇𝑏𝑜𝑡𝑡𝑜𝑚
2 =36.86 oC, 𝑇𝑡𝑜𝑝
2 =35.91 oC, 𝑇𝑏𝑜𝑡𝑡𝑜𝑚
3 =36.83 oC, 
𝑇𝑡𝑜𝑝
3 =36.29 oC, 𝑇𝑏𝑜𝑡𝑡𝑜𝑚
4 =36.79 oC and 𝑇𝑡𝑜𝑝
4 =36.71 oC. In the inverse model, we set the deviation of 
one of the measured temperatures to be 0.1 oC, while keeping all the other measured temperatures 
as the accurate values. The corresponding changes in core-body temperatures for the 16 possible 
cases are given in the table by employing the algorithm described in the main text. The average 




Supplementary Figure D.5: Comparison for FEA and experiment. Comparison of FEA 
(vertical axis on the left) and experimental (vertical axis on the right) results on the time variation 
of temperature for the top and bottom sensors due to an increase in the core body temperature (2 
oC in FEA and 3 oC in experiment) for four devices with: (A) tdevice=0.67 mm; (B) tdevice=0.96 mm; 




Supplementary Figure D.6: Dependence of signal on sensor location. (A) Illustration of the 
location of the sensors in the devices used in the experiments (set I and set II in Fig 5.5). (B) 
Illustration of the location of the sensors in the devices used in the experiments (set III and set IV 
in Fig. 5.5). (C) Average error of temperature prediction (for device thicknesses of 4.03 mm and 




Supplementary Figure D.7: Minimum allowable bending radius (determined by plastic 
yielding of metal in the serpentine interconnect) versus the device thickness. These results 
illustrate that a thinner device can be subjected to a more extreme bending deformation. The inset 
images denote the deformed configurations of the device systems, with the color representing the 
logarithmic strain. 
 
 
